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The optical properties of tissue and cells are of key significance in optical 
biomedical technology, such as in optical imaging and spectroscopy. In this thesis, 
scattering by randomly shaped particles has been investigated, to understand 
better optical properties of biological tissue and cell suspensions. After proposing 
generation functions for the randomly shaped particles, the T-matrix method and 
appropriate effective size distribution were applied to rigorously compute phase 
functions, depending on the physical and geometrical characteristics of the 
scatterers. The derived phase functions show good agreement with experimental 
results. To obtain the high quality optical imaging, advanced microscopy with 
high resolution, high optical sectioning ability and deep penetration depth is 
required. In this thesis, we analyzed the confocal microscopy with divided 
apertures with diffraction theory. In addition, the optimization of axial resolution 
with respect to the width of the divider between the two divided apertures was 
presented. To suppress the out-of-focus central bright spot in the confocal 
microscopy with divided apertures, an improvement with serrated divided 
apertures was reported. The results show an increasing efficiency of the rejection 
of scattered light. Diffraction analysis also shows that the serrated apertures 
maintain the optical sectioning strength while attenuating the background coming 
from far from the focal plane. In addition, the signal to background ratio is also 
improved. Finally, the focal modulation microscopy (FMM) was introduced to 
increase the imaging depth into tissue and rejection of background from a thick 
scattering object. FMM can simultaneously acquire conventional confocal images 
and FMM images. The application to saturable fluorescence was also discussed. 
The study on edge enhancement for FMM shows that compared with confocal 
microscopy, using FMM can result in a sharper image of the edge and the edge 
gradient can be increased up to 75.4% and 58.9% for thick edge and thin edge, 
respectively. A further improvement with FMM using annular apertures (AFMM) 
was also reported. Compared with confocal microscopy, AFMM can 
simultaneously enhance the axial and transverse resolution. By adjusting the 
width of the annular objective aperture, AFMM can be adjusted from best spatial 
resolution performance to highest signal level. In addition, AFMM has the 
potential to further increase the imaging penetration depth. This research indicates 
the great potential of FMM in biological and biomedical systems. 
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Chapter 1 Introduction 
 
1. 1 Background 
 
Noninvasive visualization of structures, microenvironments and drug 
responses at cellular and sub-cellular level are of importance in biological 
research [1-3]. Optical microscopy is one of the techniques for noninvasive 
visualization and is an icon of the sciences because of its history, versatility 
and universality. Modern optical microscopy such as confocal microscopy, 
multiphoton microscopy and optical coherence microscopy provides 
subcellular resolution imaging in biological systems. Among these techniques, 
confocal microscopy, with submicron spatial resolution and optical sectioning 
property, has become a well-established tool in various fields of biological 
research and medical diagnoses [4-5]. However, it is also well accepted that 
confocal microscopy suffers from a limited imaging depth penetration in thick 
tissue due to multiple scattering [6]. To maintain a near-diffraction-limited 
resolution in a deep region of the sample, it is essential to develop a 
mechanism effectively to reject the scattered light. Preliminary studies have 
included the substitution of the circular aperture by an annular aperture. When 
combined with a finite-sized detector the axial resolution is improved [7]. 
Another promising technique is based on angular gating, in which the 
illumination and collection beams are separated by either divided apertures 
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(also called D-shaped apertures) [8-13] or a dual-axes configuration [14-15]. 
Only the light scattered in the focal region can be detected; the light scattered 
outside the focal region and multiply-scattered light cannot pass through both 
the collection pupil and confocal pinhole. More recently, a modified confocal 
microscopy technique called focal modulation microscopy (FMM) [16], was 
developed to effectively reject the multiply scattered photons. 
The optical imaging properties do not only affect the performance of 
microscopy and spectroscopy in medicine, but also allow the measurement of 
the elastic scattering properties of biological tissue and cells to detect 
underlying pathology [17-18]. Although it is recognized that the optical 
properties of tissue and cells are related to its microstructure and refractive 
index, the nature of the relationship is still poorly understood. Previous 
investigations have focused on various aspects of this relationship, including 
the contribution of mitochondria to the scattering properties of the living 
organism [19], the spatial variations in the refractive index of cells and tissue 
sections [20], and the diffraction properties of single cells [21].  Still lacking, 
however, is a quantitative model that is related to the microscopic properties 
of cells and other tissue elements to the scattering coefficients of bulk tissue.  
Ideally, such a model should be able to predict the absolute magnitudes of the 
optical scattering coefficients as well as their wavelength and angle 
dependencies. Therefore, a discrete particle model with random non-spherical 
particles with rough surface has been proposed to satisfy at least a few of these 
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requirements. Tissue optics is also useful in predicting the performance of 
different microscopy techniques in imaging through a scattering medium. 
The subsequent sections provide an overview of different models in 
tissue optics and high resolution microscopy. 
 
1. 2 Challenges in tissue optics modeling 
 
Propagation of light in a turbid medium can be described by the 
radiative transport theory [22].  The resulting Boltzmann transport equation 
gives the radiance in terms of the absorption coefficient aµ , the scattering 
coefficient sµ , the extinction coefficient µt = µs +µa , and the phase function 
(scattering function) P(θ) , (the normalized angular distribution of scattering). 
The albedo is defined as W0 = µs / µt . When absorption is small compared 
with scattering (W0 ≈ 1), and scattering is not very anisotropic, the transport 
equation reduces to the diffusion equation [23]. The diffusion coefficient is 
D = 3 µa + (1− g)µs[ ]{ }
−1 , where g is the anisotropy factor, the mean cosine of 
the phase function.  The transport coefficient isµtr = µa + (1− g)µs , and the 
diffusion length is L = D / µa .  
Another approach for modeling propagation through a turbid medium 
is based on a discrete particle model. In the discrete particle model, 
researchers identify the major elements in soft tissue responsible for the 
microscopic variations in its refractive index and, to facilitate numerical 
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computations, treat the variations as discrete particles with statistically 
equivalent refractive index [24-25]. Scattering of light by spherical objects is 
described by Mie theory, which was developed as an analytical solution of 
Maxwell’s equations for the scattering of electromagnetic radiation [26-28]. 
However, this approach is based on the assumption that the medium is 
homogeneous and isotropic, and the scattering particles are spheres. Moreover, 
the surfaces of the scatterers are assumed smooth. Unfortunately, these 
assumptions are far from real [29]. The scattering properties, which are 
seriously affected by the shape, size and components of the scatterers, of 
nonspherical particles can differ dramatically from those of “equivalent” 
spheres. Therefore, the ability to accurately measure or model light scattering 
by nonspherical particles in order to clearly understand the effects of particle 
nonsphericity on scattering pattern is very practical and significant.  
To develop a better optics model for scattering by non-spherical 
particles, some researchers have conducted field studies and experiments 
based on various methods. Waterman introduced the T-matrix method as a 
technique for computing electromagnetic scattering by single, homogeneous, 
arbitrarily shaped particles based on Huygens’ principle [30]. After ten years 
of development, the T-matrix approach has become one of the most powerful 
and widely used tools for rigorously computing electromagnetic scattering by 
single and compounded particles. In many applications it surpasses other 
frequently used techniques in terms of efficiency and size parameter range and 
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is the only method that has been used in systematic surveys of nonspherical 
scattering based on calculations for thousands of particles in random 
orientation [31]. Recently, Mishchenko applied the T-matrix method to 
multiple scattering by random distributed dust-like aerosols in aerospace [32]. 
However, there is still a lack of such rigorous computed model for biological 
science and medical diagnosis. Therefore, it is highly imperative to develop a 
comprehensive discrete model based on T-matrix method, which is suitable for 
biological tissue and cells. 
 
1. 3 Challenges in high resolution microscopy 
 
1.3.1 Angular gating technique 
Confocal microscopy (CM) has wide applications in biological 
research and medical diagnosis, as a consequence of its ability to exclude 
out-of-focus information from the image data, thus improving the fidelity of 
focal sectioning and increasing the contrast of fine image details. The optical 
sectioning ability of confocal microscopy results from the pinhole before the 
detector, used to reject out-of-focus light scattered by the tissue. However, 
when the focal point moves deep into tissue, the selective mechanism of the 
pinhole is not sufficiently effective to suppress the out-of-focus light since the 
multiple scattering becomes to dominate. One of the methods to enhance the 
background rejection utilizes an angular gating mechanism, in which the 
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illumination and detection beams overlap only in the focal region, thus 
resulting in angular gating and improving the optical sectioning and rejection 
of scattered light.  
Angular gating had its beginning with the ultramicroscope, in which 
the sample is illuminated perpendicular to the imaging optical axis [33]. The 
specular microscope, or divided aperture technique, combines different beam 
paths for illumination and detection with confocal imaging, so that light 
scattered other than in the focal region is rejected [8-9, 34-35]. The 
ultramicroscope was also the fore-runner of confocal theta microscopy 
[36-37], laser scattering tomography [38-39] and orthogonal-plane 
fluorescence optical sectioning (OPFOS) [40], also known as selected plane 
illumination microscopy (SPIM) [41], both of which are usually implemented 
in a fluorescence mode. All these techniques have in common that the 
illuminating and detection pupils do not overlap, so that the illumination and 
detection beams overlap only in the focal region.  
Koester also compared theoretically the optical sectioning performance 
of his system with that of a confocal system with a circular detector aperture, 
based on geometrical optics [8-9]. Other applications based on the D-shaped 
pupils were given by Török et al [42-43]. They modified a commercial 
confocal microscope with a D-shaped aperture stop to realize dark-field 
imaging. Although their system also employed the D-shaped aperture, it was 
fundamentally different with Koester’s bright-field confocal microscope. They 
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derived the one-dimensional transfer function in the direction perpendicular to 
the edge of the beam-stop, and later on they extended their study to the 
dark-field and differential phase contrast imaging with two D-shaped pupils. 
More recently, Dwyer et al. have used a similar system to investigate in vivo 
human skin [10-11]. They called their system the confocal reflectance theta 
line-scanning microscope, to stress that their system combines  confocal 
line-scanning with off-axis geometry, but actually their system is very similar to 
that of Koester [8]. In the analysis of Dwyer et al., they derived the lateral 
resolution and sectioning strength based on two equivalent offset 
non-overlapping circular pupils, as an approximation to the two D-shaped 
pupils. Therefore, it is of practical significance to investigate the optical 
properties of confocal microscope with two D-shaped pupils based on 
diffraction optics. 
 
1.3.2 Focal modulation microscopy 
When the focal point moves deep into the tissue, the point spread 
function of confocal microscopy broadens dramatically because of the effect 
of multi-scattering, which significantly degrades the spatial resolution [6]. In 
order to remain high resolution in deep region of the tissue, numerous 
techniques have emerged recently. Multi-photon microscopy (MPM) utilizes 
an ultra-short-pulsed laser to further concentrate the illumination spot. By 
employing such nonlinear processes as two-photon excited fluorescence or 
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second-harmonic generation, MPM can obtain high resolution image when the 
imaging depth is less than 1 mm [6, 44]. However, MPM is an expensive 
technique, and its applications are limited by its complex probes. Optical 
coherence tomography (OCT) is another approach to get an imaging depth up 
to 3 mm by utilizing coherent gating [45]. However, the technique is not 
compatible with fluorescence.  
Another promising technique, saturated excitation microscopy, utilizes 
the saturation phenomenon to achieve spatial resolution beyond the diffraction 
limit, since this technique imposes strong nonlinearity in the relation between 
excitation rate and fluorescence emission [46-47]. However, this technique 
require strong excitation intensity, which may exhibit not only photobleaching 
but also other undesirable effects in observation of living biological samples, 
such as defunctionalization of proteins by a large temperature rise. Therefore, 
it is of high significance to develop a comprehensive microscope technique, 
which not only maintains the optical sectioning ability, but also obtains a deep 
penetration depth as well. 
 
1. 4 Objectives and Significance of the research 
 
In view of the above review, there is an urgent need for a tissue optics 
model in biological science and medical diagnosis. Since it is nearly 
impossible to take into account all the factors when calculating optical feature 
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parameters directly based on Maxwell’s equations, different models and 
approximations have been proposed. The imaging quality in high resolution 
microscopy is also of key importance for biological science and biomedical 
diagnosis. The justifications for the current study on tissue optics modeling in 
high resolution microscopy are summarized below: 
 The previous studies are based on the assumption that the 
medium is homogeneous and isotropic, and the scattering 
particles are spheres, for the sake of calculation simplicity. 
However, as we all know, the tissue and cells in living organisms 
are various in shapes, sizes and directional sensitivity. 
 The discrete particle model obtains results based on spherical 
particles with smooth surface, which is not applicable in many 
cases. Besides, the study on biological science only considers the 
single scattering case, while multiple scattering is unavoidable, 
especially for thick tissue. 
 The previous analysis given by C. J. Koester [8-9] and P. J. 
Dwyer [10-11] on confocal microscopy with divided apertures is 
based on geometrical optics or various approximations, which 
deviates much with the experimental results. 
 The selective detection mechanism is not so effective when the 
focal point moves deep into the tissue, where multiple scattering 
dominates over ballistic scattering. 
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The main aim of this study was to propose a tissue optics model which 
is applicable to biological science and medical diagnosis, and develop a high 
resolution microscopy which has a deep penetration depth, as well as high 
resolution. The specific objectives of this research were to: 
 Propose a comprehensive discrete model based on T-matrix 
method, which is suitable for biological science. 
 Study the scattering effects on the nonspherical shapes, different 
sizes and random distributions of the biological tissue and cells. 
 Analyze the confocal microscopy with divided apertures based 
on diffraction optics. 
 Develop and analyze focal modulation microscopy, which can 
increase imaging depth into tissue and rejection of background 
from a thick scattering object. 
The interaction of light with tissue and cells is the underlying 
mechanism for optical biomedical technology used in optical imaging and 
spectroscopy for detection of pathologic changes. The optical properties of 
tissue are determined by chromophores, microstructures, and local refractive 
index variations. Any unrealistic assumptions may make the theoretical results 
deviating from the practical results dramatically. Therefore, the results of this 
present study, which break the conventional assumptions may have significant 




 medical diagnosis to make a better analysis of the patients data 
 surgical guidance operation, which provides the intraoperative data 
reflecting the tissue changes during surgery and providing optimum 
feedback for surgical guidance .  
This thesis provides tissue optics modeling in high resolution microscopy. In 
terms of experimental work, the theoretical results are examined with rat 
embryo fibroblast cell, mitochondria and mouse skeletal tissue. Therefore, the 
test modeling is restricted to biological tissue and cells. For other applications, 
for example, seafloor morphology, more experiments should be carried out to 
examine the validity. For the study of high resolution microscopy, the study is 
based on the assumption of paraxial approximation and single scattering. 
Therefore, for the case of high numerical aperture and multiple scattering 
dominating, more parameters should be considered. 
 
1. 5 Structure of the thesis   
 
This thesis studies the light scattering properties in biological tissue 
and cells and imaging formation in advanced high resolution microscopy. 
Chapter 2 investigates the light scattering mechanism by random 
non-spherical particles with rough surface. The phase function, which is an 
important quantity to describe the angular distribution of the scattered 
intensity, is estimated. In Chapter 3, the imaging formation in confocal 
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microscopy using divided apertures is presented. The coherent transfer 
function (CTF) is calculated in coherent confocal microscopy with divided 
apertures. Secondly, a diffraction analysis for coherent imaging and for 
incoherent imaging in confocal microscopy using divided apertures is 
provided. In addition, the optimization of axial resolution is investigated. 
Finally, the improvements with the use of serrated divided apertures are 
reported. Chapter 4 introduces focal modulation microscopy (FMM). Image 
formation and edge enhancement in FMM are described. Further 
improvements with annular apertures in FMM are also presented. Finally, 
conclusions and future directions are summarized in Chapter 5.   
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Chapter 2 Modeling optical properties in biological 
tissue     
 
2.1 Random non-spherical particle model  
 
2.1.1 Introduction 
A growing number of applications in optical biomedical technology, 
such as optical imaging and spectroscopy, rely on the measurement of 
scattering properties of tissue and cells. Preliminary studies suggest that 
optical properties of tissue and cells depend on its microstructure and 
refractive index. Several approaches [48-49] have been proposed based on the 
assumption that the biological tissue and cells are homogeneous and isotropic. 
Usually, the scattering particles are assumed as spheres with smooth surfaces, 
because a suitable model or theoretical formulation has yet to be made for 
random particles. However, microstructure in biological tissue and cells can 
consist of different types of particles having arbitrary shapes, size distributions 
(ranging from organelles 0.2-0.5μm to nuclei 3–10μm in diameter) [50], and 
orientations, as well as an overall mass density that varies spatially within 
them. Optical properties of particles strongly depend on their shapes, so to 
create an appropriate model for light scattering by biological tissue and cells is 
important not only for theoretical interest but also for practical reasons. All 
previous studies of non-spherical scatterers have been based on solving 
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Maxwell’s equations either analytically or numerically. For particles with 
axial symmetry, the T-matrix method [31, 51] can be implemented for 
computing rigorously electromagnetic scattering by single and compound 
particles. Mishchenko has applied the T-matrix method to multiple scattering 
by random distributed dust-like aerosols [32].   
 
2.1.2 Generation functions for random non-spherical particles 
To describe the light scattering by biological tissue, we model tissue by 
random non-spherical rough-surfaced particles with axially-symmetric 
properties instead of spherical scatterers. Assume that the random variables 
1 2 = ( , ,..., )
T
NX x x x  corresponding to given spherical coordinates 
1 2( , ; , ;...; , )
T
NS α β α β α β=  obey the normal distribution Nn  with mean x  and 
covariance matrix xΣ : 
 ( )
( )
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 (2.1.1) 
where 1 2( , ,... )TMα α α α=  is the azimuth vector and 1 2( , ,... )TNβ β β β=  is 
the elevation vector. The covariance matrix elements are: 
 2, ( ),x ij x ijC dσΣ =  i, j = 1, 2, …, N, (2.1.2) 
where 2σ  is the variance, Cx is the autocorrelation function, and dij is the 
angular distance between the direction i and j. If x1, x2, …, xN are independent 







1 ( )( , ) exp ,
22N k





 k = 1, 2,…, N. (2.1.3) 
The random vector 1 2( , ,..., )TNγ γ γ γ=  relates to the elevation vector 
1 2( , ,... )
T
Nβ β β β=  through: 
 [ ]2( 1) / 2 2 222 ( ) exp ( ) / 2 ),K Kba z Kzγ β β σ− − = −   (2.1.4) 
where 22/ 2a K σ= , [ ]1/ ( 1) / 2b K= Γ − . K is the shape parameter, z(β) is the 
height of the random particles at a particular elevation and Γ  is the Gamma 
Function. Eq. (2.1.4) is similar to the form of the probability density function 
of the standard deviation distribution. To control the height of the random 
particle, a “display window” is established to select the span 
1( ) ( )NW z zβ β= −  of the γ: 
 11, ( ) ( ) ( ),
0, otherwise.
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The corresponding random radii 1 2( , ,..., )
T
i i iNR r r r=  can be calculated 
through: 
 ,ij ij ij ijr x Wγ=   i  = 1, 2,…, M; j = 1, 2, …, N. (2.1.6) 
The five-parameter generation functions in Eqs. (2.1.3-2.1.6) can completely 
describe the random non-spherical shape. The coefficient K, in conjunction 
with σ2 and the center point of the “display window” (denoted as “CP”), 
approximately determines the shape of the particles. Changing the value of K, 
16 
 
σ2 and CP, a variety of random non-spherical particles can be obtained, 
including sub-spherical, cylindrical, conical and double-spherical particles. A 
small value of the roughness parameter σ1
/r W
 is selected to represent slightly 
rough surfaces.  is the aspect ratio of the maximum-to-minimum 
particle dimensions for a sphere or a cone, or the diameter-to-length ratio 
(D/L) for a cylinder. Fig. 2.1.1 illustrates four random non-spherical particles 
with weak axial symmetry.   
 
Fig. 2.1.1. 3D structure of the random non-spherical particles with respect to 
the mean value 1r = , roughness parameter σ1=0.2, and the span of the window 
W=1. Different shapes can be obtained by changing the parameters K, σ2 and 
the display window’s center CP. (a): K = 2, σ2 = 0.38, CP = -0.5; (b): K = 2, 
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σ2 = 0.7, CP = -0.5; (c): K = 2, σ2 = 0.38, CP = 0; (d): K = 3, σ2
2.1.3 Phase function 
 = 0.4, CP = 
-0.5.  
The basic quantities that fully describe the scattering process are the 
ensemble-averaged extinction Cext and scattering Csca
( )S θ
 cross-section and the 
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 (2.1.7) 
Here, [0 ,180 ]θ ∈    is the scattering angle. The well-known block-diagonal 
structure of this matrix is confirmed by the T-matrix results and is mainly 
caused by averaging over the uniform orientation distribution of a 
multi-particle group coupled with sufficient randomness of particle positions. 
The (1,1) element ( )P θ , which is called the phase function, is an important 
quantity used to describe the single scattering of a monochromatic beam by a 
volume element containing randomly oriented non-spherical particles. It 








θ θ θ =∫   (2.1.8)      
where θ  is the scattering angle. the angular distribution of the scattered 
intensity. Traditionally, the phase function has been calculated directly for a 
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large set of scattering angles, which causes an unbearable computation time. 
To accelerate the T-matrix technique, the phase function is explicitly 
represented as a Legendre polynomial expansion [52]: 
 max
0
( ) (cos ),i i iiP Pθ ω θ==∑  (2.1.9) 
where (cos )iP θ  are Legendre polynomials, the value of the upper summation 
limit maxi  determines on the desired numerical accuracy of computations, and 
iω  is the ensemble-average expansion coefficient which can be calculated 
with T-matrix method [53]: 
 '
1 1
1 ( ) ( ) ( ) ,
M N
m
i n i n sca n n
m nsca




= ∑∑  (2.1.10) 
where the index m = 1, …, M numbers aspect ratios, nr  and nw  (n = 1, …, 
N) are quadrature division points and weights, respectively, on the interval 
[ minr , maxr ]. '( )f r  is the size distribution function, and r is the radius for 
spherical particles or radius of the equal-projected-area sphere for 
nonspherical particles, scaC  is the scattering cross section. ( )i nrω  is the 
expansion coefficient at point nr , and ( )
m
sca nC r  represents the scattering cross 
section at point nr  with an aspect ratio m. 
The computation of the T-matrix involves a numerical integration over 
the zenith angle on the interval [0, ]π  by using Gaussian quadrature [54]. The 
integral interval [0, ]π  can be reduced to [0, / 2]π  for axial symmetry. We 
use slightly rough cylindrical particles (Fig. 2.1.1b) to simulate scatterers in 
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mouse muscle tissue with different diameter-to-length ratios D/L. For high 
accuracy we divided the interval [0, / 2]π  into two subintervals 
[0, arctan( / )]D L  and [arctan( / ), /2]D L π , and applied Gaussian quadrature 
separately to each subinterval. By calculating ensemble-average expansion 
coefficients iα  using T-matrix method, the phase function can be obtained 
with Eq. (2.1.9). 
 The anisotropy factor, which is the mean cosine of the scattering 
angle used to measure the scattering retained in the forward direction 
following a scattering event [55], can be expressed as: 
 ( ) / ( ) ,g P d P dµ θ θ= Ω Ω∫ ∫  (2.1.11) 
where  µ ≡ cosθ . Isotropic scattering can be described by the reduced 
scattering coefficient  µs
' , which is related to the anisotropic factor by 
 µs
' = µs(1− g),  In an average sense, this relationship equates the number of 
anisotropic scattering steps, given by  1 / (1− g),with one isotropic scattering 
event [55]. A more explicit formula is given as follows: 
 ' (1 ) ( ) .s P dµ µ θ= − Ω∫  (2.1.12) 
 
2.1.4 Size distribution 
For non-spherical particles, the phase function is related to the 
equal-projected-area sphere size parameter r [31]. In order to average the light 
scattering characteristics over particles sizes, a size distribution f(r) must be 
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applied. Since currently there is no clear consensus as to the size distribution 
best describing biological tissue, we compare three size distributions of power 
law, normal, and skewed logarithmic distributions with our experiments. The 
power law distribution can be written as [48, 50]: 
 31 0( ) ,f
Df r c r −=  (2.1.13) 
where fD  is the fractal dimension and c0
 
 is the normalization constant. The 
normal distribution can be given by [56]: 
2 2
2 ( ) 1/( 2 ) exp[ ( ) /(2 )],m m mf r r rπσ σ= ⋅ − −  (2.1.14) 
where mr  and mσ  are the mean and standard variation, respectively. The 
general form of skewed logarithmic distribution can be expressed as [25, 
57-59]: 
 2 23 ( ) exp[ (ln ln ) /(2 )],
n
n n nf r c r r r σ= − −  (2.1.15) 
where nc  nris a normalizing factor, and the quantities  and nσ  set the 
center and width of the distribution, respectively. For n = -1 and n = 0, the 
distribution function is called the logarithmic normal distribution and 
zeroth-order logarithmic distribution, respectively. Both distributions are used 
extensively in particle-size analysis [25, 59] .  
Considering practical particle size and the T-matrix computation, the 
minimum and maximum particle size should be limited. Thus we modify the 
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where ( )if r  represents the three size distributions, ic is a constant used to 
normalize the distribution function. rmin and rmax
  
 refer to  the maximum and 
minimum particle size parameters. Accordingly, the effective radius and 
effective variance of a size distribution are defined as: 
max
min
3 '1 ( ) ,
r
eff ir
r r f r dr
S
π= ∫  (2.1.17) 









v r r r f r dr
S r
π= −
⋅ ∫   (2.1.18) 
where S is the average cross-sectional area 
 max
min
2 ' ( ) .
r
ir
S r f r drπ= ∫   (2.1.19) 
The effective size parameter is ,eff effS k r= ⋅ where 02 /k nπ λ= is the wave 
number in the surrounding medium, and n0
 
 is the background refractive index. 
2.2 Light scattering in biological tissue 
 
The refractive index variation for biological tissue is approximately 
0.04-0.10 with a background refractive index of n0 = 1.35 [58]. We take the 
complex refractive index as 1.35 + 0.008i, where the imaginary part represents 
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for a small absorption coefficient. Considering microstructures ranging from 
organelles 0.2-0.5μm to nuclei 3–10μm in diameter [50], we take rmin = 0.2μm 
and rmax = 5μm, and thus veff = 0.12, reff = 3.355μm according to Eqs. 
(2.1.17-2.1.18). The wave length of the incident light is selected as 1100 nm. 
Therefore, the effective size parameter Seff  
We used a phase-contrast microscope to measure spatial variations in 
the refractive index of tissue. Fresh tissue specimens of mouse skeletal muscle 
were frozen and sectioned along the cross-section to a thickness of 5μm for 
immediate analysis after thawing. Images of specimens taken at 
magnifications of 40, 100, 200 and 400 were recorded with a CCD camera and 
stored in gray-scale format.  Fig. 2.2.1 shows two typical phase-contrast 
images of mouse skeletal muscle taken at different magnifications. 
is 25.9. 
   
Fig. 2.2.1. Phase contrast images of mouse muscle tissue acquired at two 
different magnifications. 
Since the tissue is cut in cross-sections, it is better to simulate the 
sample slice as a cluster of roughly cylindrical particles (Fig. 2.1.1b) with 
different equal-surface-area-sphere size parameters r and effective 
diameter-to-length ratios D/L. We assumed the parameter r satisfies the 
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modified power law distribution function (Eq. (2.1.10)) with fractal dimension 
Df = 3.9671 obtained from experiments. We also assumed that D/L has a 
uniform distribution between 0.25 and 4. The computation of phase function is 
repeated for several randomly oriented cylindrical particles with D/L ranging 
from 0.25 to 4 with a step size of 0.25. Fig. 2.2.2 illustrates the phase function 
versus scattering angle for the rough cylinders with three different ratios D/L 
of 1/2, 1 and 2, and surface-equivalent spheres with effective size parameter 
Seff  



























= 25.9. One interesting feature is that the phase functions are insensitive 
to the dimension-to-length ratios D/L in most of the scattering regions for 
different kinds of rough cylinder. This agrees with claims that the phase 
function of a representative shape mixture of non-spherical particles is fairly 
insensitive to the elementary shapes used to form the mixture [53].  
 
Fig. 2.2.2. Phase functions for randomly oriented rough cylinders with 
different ratios D/L of 1/2, 1 and 2, and surface-equivalent spheres with 
effective size parameter Seff  =  25.9.  
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Fig. 2.2.3 describes the phase functions calculated with a mixture of 
rough surface cylindrical particles, a cluster of surface-equivalent spheres, and 
also from experiments. The experimental results are obtained with a series of 
phase contrast images as in Fig. 2.2.1, by using our formerly-studied fractal 
mechanism [60]. As shown in Fig. 2.2.3, the random non-spherical model fits 
well with the experimental results, though there are slight differences in the 
forward scattering region and back scattering region, mainly caused by 
multiple scattering. The phase function for surface-equivalent spheres shows 
larger discrepancy with experiments, especially in the side-scattering and 
backscattering regions. Thus, our random non-spherical model has the power 
to simulate biological tissue better than the spherical model.  



























Fig. 2.2.3. Phase functions for randomly oriented rough cylinders with 
uniform distributed D/L, a cluster of surface-equivalent spheres with effective 
size parameter Seff 
Experimental results corroborate that scattering properties of 
non-spherical particles can be significantly different from those of equivalent 
 =  25.9, and experimental results. 
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spheres. To understand better the light-scattering of biological tissue it is 
necessary to substitute the spherical model with the random non-spherical 
model. Finally, we note that our experimental results are limited to mouse 
skeletal muscle and the computational results pertain to a specific refractive 
index typical of biological tissue. To extrapolate our conclusions to other 
kinds of tissue, additional laboratory experiments with specific biological 
sample and additional corresponding calculations with various density and 
concentrations of the scatterers are necessary. 
 
2.3 Light scattering in biological cells  
 
Slightly rough surface random nonspherical particles were applied to 
simulate scattering centers in biological tissue and cells. Since the candidates 
for scattering centers in biological tissue and cells are the cell itself, the 
nucleus, and other organelles, and their microstructures range from 
peroxisomes and lysosomes 0.2-0.5 μm or smaller, to mitochondria 
approximately 0.3-0.7 μm in diameter and 1-4 μm in length, to nuclei 3-10 μm 
in diameter [61-62]. We assume the size of the random particles is not too 
large compared with the incident wavelength and the particle orientation is 
uniform distributed. Fig. 2.3.1 illustrates phase functions computed by 
randomly oriented slight rough surface cylinders [63] with three size 
distributions at wavelength of 1100 nm. Parameters are selected to retain the 
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same values of effr  and effv , which are 3.36 and 0.12, respectively. It is 
interesting to notice that different size distributions have similar phase 
functions providing the same values of effr  and effv .  The result is quite 
practical and important, since only two key parameters can provide a unified 
classification of all distributions, and the same result can be obtained for many 
different analytical parameterizations of natural size distributions [64]. 
Currently the size distribution best describing biological tissue is not clear, 
because of the complicated structure of tissue, composed of tightly packed 
groups of cells entrapped in a network of fibers through which water 
percolates. The two key parameters effr and effv  provide an effective 
approach to describe the scattering properties of the biological tissue. 
























Fig. 2.3.1. Phase functions with different size distribution functions with 
same 3.36effr = and 0.12effv = , and same shape parameters (K = 2, τ = 0.7, 
CP = -0.5), at incident wavelength 1100 nm. 
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Here slightly rough surface spheroids, including both oblate and 
prolate spheroids, are used to model light scattering properties of rat embryo 
fibroblast cells (M1) and mitochondria in vitro. Experimental data were 
reported by Mourant et al. [29]. According to Schmitt [58], the refractive 
index variation for the scatterers in M1 cells and the media are 1.4 and 1.35, 
respectively. Therefore we take the complex refractive index as 1.38 + 0.008i, 
and characterize the size of the random spheroids with the radius of the 
equal-projected-area sphere.  Fig. 2.3.2 compares the phase functions of 
prolate and oblate rough surface spheroids, with those of equal-projected-area 
spheres, at different effective size parameters after size and orientation 
averaging. It shows that phase functions of nonspherical particles are quite 
different from those of equal-projected-area sphere, especially in the 
side-scattering and backscattering region. Even for a single rough surface 
spheroid, it produces a unique, shape-specific phase function.  Similar results 
can be found in the literature of Macke et al. [65] and Muinonen [66]. 
However, in Figure 2.3.2, the phase functions are similar for prolate and oblate 
spheroids with small aspect ratios. This is understandable, because for small 
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Prolate ε = 1.2
   
Prolate ε = 2.4
   (b) Seff =  8
 
Fig. 2.3.2. Phase functions for randomly oriented slight rough prolate (solid 
curves) and oblate (dash curves) spheroids with different aspect ratios of 1.2, 
2.4, and equal-projected-area spheres with different effective size parameter 
Seff .(a) Seff = 15; (b) Seff
Figs. 2.3.3 and 2.3.4 compare the phase functions measured by 
experiments with those calculated by a spherical model and a nonspherical  
 = 8;  
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Fig. 2.3.3. Phase functions for suspensions of rat embryo fibroblast cells (M1) 
with spherical and nonspherical model with the effective size parameter 
15.5effS =  and experimental results. 






















Fig. 2.3.4. Phase functions for suspensions of mitochondria with random 
non-spherical model, spherical model with the effective size parameter 
10.3effS =  and experimental results.  
model which is mixture of prolate and oblate slightly rough surface spheroids. 
The theoretical computations are obtained by averaging over a wide 
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aspect-ratio distribution of prolate and oblate spheroids. To simplify the 
calculation, we assume the aspect ratios are uniformly distributed, centered at 
the aspect ratio 2 for both prolate and oblate spheroids, while the incident 
wavelength is taken as 760 nm. Note that in the exact forward scattering 
region, the phase function is insensitive to particle nonsphericity and the 
equal-projected-area spheres can be used to characterize the randomly oriented 
nonspherical particles. It means that Mie theory can be used to analyze 
transmittance measurements of biological tissue and cells in microscope 
without causing significant errors. However, the difference between spherical 
and non-spherical models becomes quite obvious in the side-scattering and 
backscattering regions, and therefore the results from Mie theory would cause 
serious errors in biological image detection when applied to analyze 
reflectance measurements in a microscope.  
Table 2.3.1 gives the anisotropy factors g and reduced scattering 
coefficients 'sµ  from experiment data, and computations with nonspherical 
and spherical models, respectively. Compared with the experiment data, the 
difference of g between nonspherical and spherical models is small, which 
confirms our conclusion that forward scattering is least sensitive to particle 
nonsphericity. The same phenomenon can be found in 'sµ , which means that in 
the diffusion regime, the number of anisotropic steps of both nonspherical and 
spherical models are similar.  
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Table 2.3.1.  Anisotropy factors and reduced scattering coefficients for M1 
cells and mitochondria.  
 Experiments Spheroids Sphere 
 g  'sµ  g  
'
sµ  g  
'
sµ  
M1 cell 0.90 1.21 0.87 1.32 0.88 1.27 
Mitochondria 0.78 3.65 0.79 3.49 0.80 3.52 
 
Slightly rough surface spheroids are used to model scatter center in 
biological cells. Experimental results corroborate that scattering properties of 
non-spherical particles can be significantly different from those of equivalent 
spheres in both biological tissue and biological cells. To understand better the 
light-scattering mechanism, it is necessary to substitute the spherical model 
with the random non-spherical model. Finally, we note that our experimental 
results are limited to M1 cells and mitochondria and the computational results 
pertain to a specific refractive index scale of biological tissue. To extrapolate 
our conclusions to other kinds of tissue, additional laboratory experiments of 




Chapter 3 Image formation in confocal microscopy 
using divided apertures    
 
3. 1 Diffraction analysis for coherent imaging in confocal 
scanning microscope with D-shaped apertures 
 
3.1.1 Three-dimensional coherent transfer function 
The divided-aperture technique has been widely applied in microscopy, 
stemming from the fact that the illumination and detection beams overlap only 
in the focal region, resulting in an angular gating effect and thus improving 
rejection of scattered light [33]. Since for weakly scattering objects, 3-D 
transfer functions can be used to completely describe image formation, it is 
important to derive the 3-D transfer functions for the confocal microscope 
with D-shaped pupils. The geometry of the confocal microscope with two 
D-shaped pupils is given by Fig. 3.1.1. 
 
Fig. 3.1.1. Geometry of the confocal microscope with two centro-symmetric 
D-shaped pupils.  
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In a coherent confocal scanning microscope system with point 
detector, assuming that the objective and collector lenses are aberration-free, 
we can express the image intensity of a thick object with amplitude reflectivity 
( , , )t x y z  as [67]:  
 
2
( ) ( ) ( ) exp(2 ) ,I c T i dπ
∞
−∞
= ⋅∫s sr m m m r m  (3.1.1) 
where ( , , )s s s sr x y z=  is the scan point, m represents the spatial frequency 
vector with two transverse components m and n, and one axial component s. 
c(m) is the 3-D amplitude coherent transfer function (CTF). T(m) is the 
Fourier transform of ( , , ).t x y z  
Consider a single D-shaped pupil with outer radius a  and normalized 
distance parameter d  (0 ≤ d ≤ 1) (Fig. 3.1.1). The defocused pupil function 
under the paraxial approximation can be expressed as: 
 
2 1 1,exp[ ( / 2) ] 1& cos ( / ) cos ( / )
( , , ) ,
,0
i u d d d
P u
otherwise
ρ ρ ρ θ ρ
ρ θ




  (3.1.2) 
in cylindrical coordinates, where /r aρ = denotes the normalized radial 
coordinate, r is the real radial coordinate, and u is the axial optical coordinate 
defined as 
 2(8 / ) sin ( / 2).u n zπ λ α=   (3.1.3) 
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Here λ and  nsinα  are the incident wavelength and the numerical aperture 
(NA) of the objective, respectively, and z is the defocus distance from the 
focal plane. 
The point spread function (PSF) of the overall confocal system is given 
by: 
 1 2( , , ) ( , , ) ( , , ),x y x y x yh v v u h v v u h v v u=   (3.1.4) 
where h1 and h2
 
 denote the PSFs corresponding to the objective and collection 
lenses. For the reflection-mode confocal scanning microscope system, the two 
PSFs are centro-symmetric and can be written as 
 
h1(vx ,vy ,u) = h2 (−vx ,−vy ,u)
= P(ρ,θ ,u)exp[−i(vxρ cosθ + vyρ sinθ)]ρ∫∫ dρdθ.
 (3.1.5) 
where vx and vy
 
 are the transverse optical coordinates given by: 
2 2 2((2 / ) sin ) .x yv v n rπ λ α+ =  (3.1.6) 
The 3-D coherent transfer function ( , , )c l sψ  for the confocal system is given 
by the 3-D Fourier transformation of the amplitude PSF, which can be 
expressed as: 
 3 1 2
3 1 1
( , , ) [ ( , , ) ( , , )]
[ ( , , ) ( , , )],
x y x y
x y x y
c l s F h v v u h v v u




where F3 2 2l m n= + denotes the 3-D Fourier transformation. Here  
represents the radial spatial frequency, ψ is the azimuth, while s is the axial 
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spatial frequency. According to Fourier transform theory, Eq. (3.1.7) can be 
rewritten as: 
 2( , , ) [ ( , , ) ( , , )]exp( ) ,c l s P u P u ius duψ ρ θ ρ θ π= ⊗ + −∫  (3.1.8) 
where 2⊗ represents the 2-D convolution operation with respect to l and ψ. 
Substituting Eq. (3.1.2) into Eq. (3.1.8) and evaluating the convolution gives: 
 2 2( , , ) ( / 4) ,c l s s l d d
σ
ψ δ ρ ρ ρ θ= − −∫∫  (3.1.9) 
where σ is the area overlapped by the two D-shaped pupils (Fig. 3.1.2). 
 
Fig. 3.1.2. 2-D convolution of two D-shaped pupils 1( )P ρ  and 2( )P ρ . Q is 
an arbitrary point on the boundary of the overlapping region. The lengths of 
1O Q  and 2O Q  are 1ρ  and 2ρ , respectively. The distance between 1O  and 
2O  is l. 
For a confocal reflection microscope with two D-shaped pupils, the 
range of imaged transverse spatial frequency l for confocal reflective system is 
centro-symmetric as illustrated in Fig. 3.1.3. It can be seen that the effective 
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transverse frequency is divided into two cases: region A (blue area) and region 
B (green area), according to the overlapping areas shown in Fig. 3.1.2(a) and 
Fig. 3.1.2(b), respectively. Due to the centro-symmetry of the effective region, 
we can consider only the first quarter region of the transverse spatial 
frequency, where ψ  ranges from 0 to / 2π . The pink circle in Fig. 3.1.3 
 
Fig. 3.1.3. Effective region of l in confocal microscope with two D-shaped 
pupils compared with the conventional confocal microscope with two circular 
pupils. 
indicates the transverse cut-off frequency of the conventional confocal 
microscope with circular pupils. Compared with the conventional confocal 
microscope, the effective transverse frequency region for the confocal 
microscope with two D-shaped pupils is no longer circular: the transverse 
cut-off frequency varies with the angular parameter ψ  from 1 d−  to 
22 1 d− , in contrast with the conventional confocal microscope where the 
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transverse cut-off frequency is a constant of 2 [5, 67]. When d = 0, which 
indicates the semi-circular pupils, the transverse cut-off frequency reaches its 
maximal value of 2 at / 2ψ π= . While this reduces the transverse resolution 
of the system, it also has an effect of increasing the angular sensitivity to 
specular reflections from surfaces normal to the optical axis, which also 
increases as d is increased [68].  
After mathematical manipulations, the 3-D CTF ( , , )c l sψ  normalized 
by the value of ( 0, 0, 0)c l sψ= = =  at 1d = −   (corresponding to the 
circular pupils), can be derived as: 
In region A: 2 2( ) ( 1 ) 1,m d n d+ + − − ≤ and 0 1 .m d≤ ≤ −  
 0
1 2 2
0 ( / 2) / cos
1( , , ) ( / 4) .
2A d m
c l s s l d d
ϑ ρ
ϑ θ
ψ δ ρ ρ ρ θ
π +
= − −∫ ∫   (3.1.10) 
In region B: 2 2( ) ( 1 ) 1,m d n d+ + − − ≥ and 0 1 .m d≤ ≤ −  
 0
2 2 2
0 ( / 2) / cos
1( , , ) ( / 4) .
2B d m
c l s s l d d
ϑ ρ
ϑ θ
ψ δ ρ ρ ρ θ
π +
= − −∫ ∫  (3.1.11) 
where cos ,m l ψ= sin ,n l ψ=  and  
 
 
ϑ0 = − tan
−1{[ 1− (d + m)2 − n / 2] / (d + m / 2)},
ϑ1 = tan
−1{[ 1− d 2 − n / 2] / (d + m / 2)},
ϑ2 = tan
−1{[ 1− (d + m)2 + n / 2] / (d + m / 2)},
ρ0 = −l | cos(ψ +θ) | /2+ 1− l

















cA(l,ψ,s), when tan−1[ 1− d 2 / (1− d)] ≤ψ ≤ π / 2,
cA(l,ψ,s)+ cB (l,ψ,s), when 0 <ψ < tan−1[ 1− d 2 / (1− d)],









  (3.1.13) 
It should be pointed out that the amplitude coherent transfer function in Eq. 
(3.1.13) has a constant spatial frequency shift s0
 




2sin ( / 2)
s
α
=  (3.1.14) 
Considering the special case of 0,ψ = ( ,0, )c l s becomes a one-dimensional 
coherent transfer function along the m direction: 
1 2 2 2
2
1 1 2 2
2 2
/ 21/ cos ( ), / 2 1 / 2 ,
/ 4( ,0, ) / 2 11/ [cos ( ) cos ( )],1 / 2 1 / 2 .
/ 4 / 4
d l d l dl s l l
s lc l s d l s l l s l dl





+ + + ≤ ≤ + − −=  + − − + − ≤ ≤ − −
− −
  (3.1.15) 
 Confocal microscopy can be implemented using a single-mode optical 
fiber in place of the physical confocal pinhole, called FOCSM (fiber optic 
confocal scanning microscope) [70-74]. Such an arrangement is practically 




In FOCSM where optical fibers are used as an illumination source and 
a signal collector, the system is still fully coherent even with a finite fiber spot 
size, thus the imaging can be described by the 3-D CTF [5, 76]. For simplicity, 
considering the case that the illumination fiber and the collection fiber are 
identical single-mode fibers, the 3-D CTF for the FOCSM with two 
centro-symmetric D-shaped pupils can be expressed as [76-77]:  
 2 2 2 2( , , ) exp( / 4) exp( ) ( / 4) ,fc l s K Al A s l d dσψ ρ δ ρ ρ ρ θ= − − − −∫∫  
  (3.1.16) 
where K the constant of normalization, 20(2 sin / ) ,A r nπ α λ=  which 
incorporates the effects of the radius of single mode fiber 0r , the wavelength 
and the numerical aperture of the objective. Therefore, the 3-D CTF 
normalized by ( 0, 0, 0)c l sψ= = =  at 1d = −  and 0A =  can be given by: 
 ( , , ) exp( ) ( , , ),fc l s As c l sψ ψ= −  (3.1.17) 
where the expression for ( , , )c l sψ  is given by Eq. (3.1.13). When 0,A =  Eq. 
(3.1.17) can be reduced to Eq. (3.1.9), which corresponds to the CTF with a 
point detector.  
Fig. 3.1.4 gives the complete view of the 3-D CTF ( , , )c l sψ  in the 
reflection-mode confocal scanning microscope with two D-shaped pupils for 
different distance parameter d and different angular parameter ψ . For the 
special case of 0d =  and / 2ψ π= , the 3-D CTF is the same as the 




Fig. 3.1.4. The 3-D coherent transfer functions with different distance 
parameter d and different angle ψ . For d = 0 and / 2ψ π= , the 3-D CTF is 
the same as the conventional confocal microscope with two circular pupils. 
note that the transverse cut-off frequency ( , )cutoffl d ψ  depends on both d and 
ψ ; while the axial cut-off frequency ( )cutoffs d  only depends on d. For a given 
ψ , as d is increased, both the axial cut-off frequency and the transverse 
cut-off frequency reduce. However, for a given d, as ψ  increases, only the 
transverse cut-off frequency increases and reaches the maximum of 
2( / 2, ) 2 1cutoffl dπ ψ = −  at / 2ψ π= ; while the axial cut-off frequency 
remains at 2( )cutoffs d d= . Therefore, in the region 0 ≤ s + s0 ≤ d
2, the value of 
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the CTF is zero, which indicates that the image information in this region is 
missing, thus the low axial frequency region cannot be imaged. 
The degradation effect can be further displayed in Fig. 3.1.5, which 
illustrates the distribution of ( 0, )c l s=  for confocal microscope with two 
D-shaped pupils at different d values. Since the strength of the optical 
sectioning effect is determined by the modulus square of ( 0, ),c l u=  which is 
the inverse Fourier transform of ( 0, )c l s=  [67], the optical sectioning of the  

















Fig. 3.1.5. The 3-D coherent transfer function c (l = 0, s) as a function of the 
distance parameter d. 
confocal microscope can be analyzed through the scale of ( 0, ).c l s=  It is 
important to notice that for confocal microscope with two D-shaped pupils, 
( 0, )c l s= is no longer a square function as in the conventional confocal 
microscope. The shape of the variation ( 0, )c l s=  is independent on ψ  but 
dependent on d, and its length is given by 1 - d2. Therefore, as d is increased, 
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( 0, )c l s=  becomes narrower, indicating a degradation of the optical 
sectioning. A compromise must therefore be reached between optical 
sectioning and efficiency of rejection of scattered light [12].  
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       (b) 
Fig. 3.1.6. Transverse cross sections, (a) for different angular parameter ψ  
with d = 0.1; (b) for different distance parameter d with / 4ψ π= . 
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Fig. 3.1.6 shows the cross sections of the 3-D CTF at 2(1 ) / 2,s d= +  
which corresponding to the middle transverse section of the 3-D CTF in the 
non-zero region, for different angle ψ  (Fig. 3.1.6(a)) and different distances 
d (Fig. 3.1.6(b)). For a particular value of d, as ψ  is increasing, the 
transverse cut-off frequency also increases and the value of CTF decays much 
slower. However, for a given ψ , as d increases, the transverse cut-off 
frequency decreases and the value of the CTF decays faster. It is also seen that 
both the transverse cut-off frequency and the decay rate of the CTF are more 
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Fig. 3.1.7. 2-D in-focus CTF in a confocal microscope with two 
centro-symmetric D-shaped pupils. 
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If a thin planar object is located on the focal plane, the in-focus CTF 
( , 0)c l u = is determined by the integration of the 3-D CTF ( , )c l s  with 
respect to the variable s [12]. The result is shown in Fig. 3.1.7 for different 
values of d and angle ,ψ  from which we can see that the dependence on 
angle ψ  decreases when d is smaller. Figs. 3.1.5-3.1.7 demonstrate that the 
CTF contains much information concerning the optical performance of the 
imaging system. 
 
Fig. 3.1.8. The 3-D coherent transfer functions for FOCSM at d = 0.1, with 
different parameter A and different angle ψ . 
For FOCSM with identical single-mode illumination fiber and 
collection fiber, the 3-D CTF can be given by Fig. 3.1.8. It is seen that for a 
given distance parameter d, the 3-D CTF is decreased as A increases. When 
5,A =  which is shown in the bottom row of Fig. 3.1.8, the 3-D CTF exhibits 
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a considerable decrease along both the transverse and axial direction, 
indicating degraded resolution in both directions. 
In conclusion, the 3-D CTF for reflection-mode confocal scanning 
microscope using D-shaped pupils has been analytically derived. It can be 
seen from the numerical results that the transverse resolution is degraded by 
increasing the distance parameter d of the D-shaped pupils in confocal system 
with point detector. However, for the same distance parameter d, the degree of 
degradation is reduced as the angle ψ  increases. In addition, the 2-D in-focus 
CTF for thin objects, which can be expressed as the projection of the 3-D CTF 
in the focal plane, is also dependent on both d and ψ . It should be 
emphasized that the above analysis is based on a coherent confocal system 
with point detector. For a finite-sized detector, the system becomes partially 
coherent. Therefore, the CTF is no longer valid for that system and a partially 
coherent transfer function should be derived instead. For FOCSM, the system 
is coherent even for a finite-sized fiber spot. Therefore, the 3-D CTF with 
identical single-mode illumination fiber and collection fiber of the confocal 
microscope with two D-shaped pupils can be derived based on former 
calculation. As A  increases, the 3-D CTF decreases, which indicates a 
degradation in both transverse and axial resolution. In practice the fiber spot 
size should be kept to a minimum to maintain resolution, but a compromise 




3.1.2 Coherent imaging in confocal scanning microscope with 
D-shaped apertures 
The amplitude in the focal region of a lens is calculated from the 
paraxial Fresnel diffraction formula [79]: 
    
2 21 1( , , ) ( , ) exp ( ) .
2x y x y x x y y x y x yP
h v v u P i v v u d dρ ρ ρ ρ ρ ρ ρ ρ
π
  = + − +∫∫     
 
                (3.1.18) 
Here vx, vy, u are optical coordinates given by Eqs (3.1.3, 3.1.6). The 
coordinates ρx, ρy
x dρ =
 are distances in the pupil plane, normalized by the pupil 
radius a. The pupil is a D-shaped segment of a circle, with a boundaries at 
 and 2 2 1/ 2( ) 1x yρ ρ ρ= + = . 
Figure 3.1.9 shows a plot of the variation with defocus of the intensity 
point spread function, normalized by the maximum intensity at each defocus 
plane, for a D-shaped pupil for  d = 0.1. As defocus increases, the illuminated 
region becomes closer in shape to that of the pupil, but a bright Poisson spot 
begins to form on the axis. Figure 3.1.10 shows contour plots of x-z and y-z 
cross-sections through the intensity point spread function. The behaviour in 
the x-z plane agrees with the results of Török [43], while in the y-z plane the 






























































































































































Fig. 3.1.10. Cross-sections through the intensity point spread function for a 
D-shaped pupil for d = 0.1: (a) x-z section, (b) y-z section. 
The intensity along the axis can be calculated by transforming to polar 
coordinates  ρ,φ  where  
ρ2 = t = ρx
2 + ρ y
2  and performing the integration in 


















.  (3.1.19) 
Then the amplitude at the focus is 
 
 
U (0) = 2
π
















  (3.1.20) 








∫ e−iut / 2dt .  (3.1.21) 
Figure 3.1.11 shows the pupil function  P(t)  for different values of d, 
and Fig. 3.1.12 shows a log-log plot of the intensity along the axis, which is 
the Fourier transform of  P(t)  for a D-shaped pupil, normalized by the 
intensity at the focal point. As d increases, the width of the central lobe in the 
axial intensity also increases. For  d = 0 , the intensity along the axis decays 
asymptotically as 21/ u , which behaves the same as the circular apertures (d = 
-1). But as d increases, the asymptotic behaviour of the intensity for 
intermediate values of u tends to fall off more quickly. An optimum value for 
the absolute value of the slope of about 2.2 is achieved at  d ≈ 0.07 . For large 
u (>2000), the absolute value of the slope becomes two, for any value of d, as 



















Fig. 3.1.11. The pupil function P(t) for different values of d.  
 
























Fig. 3.1.12. The intensity along the axis for a D-shaped pupil shown as a 
log-log plot. 
Figure 3.1.13 shows the variation with defocus of the intensity, 
normalized by the central point intensity at each defocus plane, in the image of 
a point object in a confocal system consisting of two D-shaped pupils and a 
point detector. As the defocus increases, the illumination and detection point 
spread functions tend not to overlap, so their product is zero, but the Poisson 
spot of each pupil coincides and hence remains strong. The intensity along the 
axis is thus just the square of that for a single D-shaped pupil. For  d = 0 , the 
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intensity along the axis decays as  1 / u
4 , but as d increases, the asymptotic 
behaviour of the intensity for intermediate values of u again tends to fall off 
more quickly. An optimum value for the absolute value of the slope of about 
4.4 is achieved at  d ≈ 0.07 . For large u (>2000) the absolute value of the 
slope becomes four, independent of the value of d. Figure 3.1.14 shows a 
contour plots of x-z cross-section through the intensity image of a point object. 
This can be compared with the diamond shape predicted by Koester for a 
theory based on geometrical optics [8].  In the y-z plane, the intensity is just 
the square of that from a single D-shaped pupil. Figure 3.1.15 shows the 
half-widths at half-maximum (HWHM)  vx1/ 2 , 1/ 2yv , u for the intensity image 
of a point object. The value d = –1 corresponds to a full circular pupil. We see 
that 1/ 2yv  and u are virtually unchanged for small positive values of d.  
 
Fig. 3.1.13. The intensity point spread function for a confocal microscope with 

















































Fig. 3.1.14. Cross-section x-z through the intensity point spread function for a 
confocal microscope with two D-shaped pupils and a point detector, d = 0.1. 






















Fig. 3.1.15. Half-width at half-maximum (HWHM) of the intensity point 
spread function for a confocal microscope with two D-shaped pupils and a 
point detector in the vx, vy
The concept of integrated intensity, which is a measurement of the 
total power in the image, is used to describe the capability of a microscope to 
discriminate against parts of the object not in the focal plane [81-82]. In 
, and u directions. 
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confocal microscopy, this concept can be used to quantify the background 
produced by a scattering media. Its definition is given by 
 
 
Iint (u) = I(vx ,vy ,u)dvx dvy∫∫ ,  (3.1.22) 
where ( , , )x yI v v u  is the intensity image of an object. Figure 3.1.16 shows the 
integrated intensity  Iint (u)  for a confocal microscope with two D-shaped 
pupils and a point detector as a log-log plot. For a confocal microscope with 
two circular pupils,  Iint (u)  falls off as  1 / u
2 , and for one circular and one 
narrow annular pupil it falls off roughly as  1 / u  [81]. For the divided 
aperture system,  Iint (u)  falls off more quickly, for  d = 0  as  1 / u
2.54 , 
becoming close to  1 / u
3.2  for larger values of d. This demonstrates the 
advantage of the divided aperture technique for imaging through scattering 
media. 






















Fig. 3.1.16. The integrated intensity for a confocal microscope with two 
D-shaped pupils and a point detector Iint(u) shown as a log-log plot. 
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The signal to background ratio is defined by  S / B = I(0,0,0) / Ivolume , 
where (0,0,0)I  is the intensity at the focal point and is proportional to the 
fourth power of the pupil area for a point detector, volumeI  is the total 
contribution from single scattering by a thick scattering media given by 
volume int ( )I I u du= ∫ . Note that as d increases, the area of the pupil decreases, 
resulting in a decreased (0,0,0)I . However, volumeI  also decreases. Note that 
the value of S / B is independent of the absolute strength of the signal and 
background. Figure 3.1.17 shows the variation of S / B with d, showing that it 













Fig. 3.1.17. Signal / Background for a confocal microscope with two D-shaped 
pupils and a point detector as a function of d. 
The axial response from a plane reflector in a confocal microscope 
with two D-shaped pupils and a point detector is just the intensity along the 
axis for a single D-shaped pupil, compressed by a factor of two along the axis. 
Again the intensity falls off as  1 / u
2  for large u (>1000). For intermediate 
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values of u, again an optimum value for the absolute value of the slope of 
about 2.2 is achieved at  d ≈ 0.07 . 
The effect of using non-overlapping D-shaped pupils in a confocal 
microscope has been investigated. The transverse resolution in one direction, 
and also the axial resolution, is degraded because the pupil is smaller. If the 
pupils are separated by a strip of width 2d, as d increases the resolution further 
decreases. But there is a Poisson spot on the axis that degrades the confocal 
performance. As the value of d is increased, the rejection of out-of-focus light 
from scattering increases. 
 
3.1.3 Optimization in confocal scanning microscope with D-shaped 
apertures 
In section 3.1.1, the amplitude coherent transfer function indicates that 
the cutoff frequencies in both axial and transverse directions for a system with 
point detector are decreased by using D-shaped apertures. This is as expected, 
as the sizes of the pupils are decreased. However, in practice, a finite-sized 
pinhole is placed in front of the detector, and in practice the size of the pinhole 
is sometimes increased to raise the signal strength. Therefore, it is of highly 
practical significance to investigate the confocal system with two 
centro-symmetrically placed D-shaped apertures with a finite-sized detector, 
and to identify the optimum geometry for the pupils. 
The schematic diagram for the confocal scanning microscope with two 
centro-symmetrically placed D-shaped apertures was illustrated in Fig 3.1.1. 
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For a confocal scanning microscope with two D-shaped apertures [13], the 
detected signal intensity for a perfectly reflecting planar object and a point 
source can be expressed as: 
 
 
I(u) = D(vx ,vy ) h1(vx ,vy ,u)⊗ h2 (vx ,vy ,u)
2
dvx dvy∫∫ ,  (3.1.23) 
where ⊗  denotes the convolution operation, ( , )x yD v v  is the intensity 
sensitivity of the finite-sized detector. For a circular detector, the intensity 
sensitivity is 











                (3.1.24) 
where 02 /d dv r a dπ λ=  is the normalized radius of the pinhole, dr  is the real 
radius of the pinhole and 0d  is the distance between the collector and the 
detector. h1 and h2
The detected signal intensity can be reduced to: 
 are amplitude point spread functions given by Eq.(3.1.18). 
 
I(u) = D(vx ,vy )∫∫ P(ρ,θ ,2u)exp[−i(vxρ cosθ + vyρ sinθ)]ρ dρ dθ∫∫
2
dvxdvy .
  (3.1.25) 
The half width 1/ 2u , which is defined as the defocus distance at which the 
intensity drops to one half of the in-focus intensity [7], can be obtained as a 
measure of axial resolution. From the definition of the half width 1/ 2u , we can 
see that a smaller value of the half width 1/ 2u  indicates a better axial 
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resolution. For 0dv = , corresponding to a point detector, the detected 
intensity I(u) can be expressed as: 
 
 












∫ . (3.1.26) 
Figure 3.1.18(a) and 3.1.18(b) give the axial response of the intensity 
for 1dv =  and 6dv = , respectively. It can be seen that the optical sectioning  


































                 (a)                             (b) 
Fig. 3.1.18. The axial response of the intensity with different distance 
parameters d, (a) when vd = 1; (b) when vd
effect for d = 0 is stronger than that for d = 0.5 when 
 = 6. 
1dv = . However, when 
6dv = , for d = 0 it is weaker than that for d = 0.5. This is somewhat 
surprising, as usually we would expect the larger pupil to give a better axial 
response. The behaviour can be explained qualitatively using geometrical 
optics, as for the defocused case a finite-sized pinhole can be completely in the 
shadow region for a big enough value of d. 
This property can be further illustrated in numerical plots of the half 
width 1/ 2u . Figure 3.1.19(a) illustrates the half width as a function of dv  for 
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a confocal microscope using D-shaped apertures with different distance 
parameter d, compared with a conventional confocal microscope with circular 
apertures. Although for a point detector, the confocal microscope with 
D-shaped apertures exhibits a poorer axial resolution than in the conventional 
confocal microscope with circular apertures, the behavior is different with a 
finite-sized detector. It is of practical significance that for a given finite-sized 
detector, there is an optimum configuration (value of d) for the confocal 
microscope with D-shaped apertures. Figure 3.1.19(b) shows the variation of 
the half width of the axial response as a function of d for given values of the 
detector radii. It can be noted that for 0dv = , there is no improvements of the 
axial resolution for the confocal microscope with D-shaped apertures. 
However, for non-zero values of dv , as d increases the half width of the axial 
response decreases until a minimum appears. Then, it increases again and 
eventually approaches infinity at the non-physical case of two point apertures. 
This indicates an optimum 0d  for the confocal system with finite-sized 
detector at the minimum of the half width. The dashed line in Fig. 3.1.19(b) 







































Fig. 3.1.19. The half width 1/ 2u of the axial response, as a function of (a) the 
detector radius vd
Figure 3.1.20 shows the variation of the detector radius at the optimum 
point compared with that at the critical point 
; and (b) the distance parameter d. 
cd , where the half width is equal  












Fig. 3.1.20. The variations of the detector radius at the optimum and the 
critical points.  
to that for circular apertures. For the region between zero and the critical 
point, the axial resolution is improved compared with that in a conventional 
confocal microscope with circular apertures. When dv  is small, 0d  and cd  
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are close together and then gradually separate with increasing dv . Eventually 
both of them approach infinity, as optical sectioning vanishes for large pinhole 
sizes. In practice, for a given value of the detector radius, an improvement in 
the axial resolution can be obtained by altering the distance parameter to an 
optimum value 0d .  
From the above analysis, it is shown that the axial resolution improves 
only when a finite-sized detector is used. For a finite-sized detector, the 
detected signal strength is enhanced, but the amount of unwanted scattered 
light is also increased. Therefore, in order to fully understand the overall 
performance, it is necessary to introduce the signal level defined as the 
measured energy divided by that which enters the entrance pupil [85]. The 
detected intensity on the focal plane can be expressed as: 
 
2
0 ( , ) ( , ,0)exp[ ( cos sin )] .u x y x y x yI D v v P i v v d d dv dvρ θ ρ θ ρ θ ρ ρ θ= = − +∫∫ ∫∫  
  (3.1.27) 














which is normalized to unity for a large area detector. For d = -1, it reduces to 
the conventional confocal microscope with circular pupils, and η becomes the 
well-known result 2 21 01 ( ) ( ).d dJ v J vη = − −  
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 Figure 3.1.21(a) illustrates the signal level as a function of detector 
radius dv , with values of d of 0, 0.3, 0.5, and also for circular pupils. It is seen 
that for a given value of d, the signal level increases as the size of the detector 
increases. However, for a given radius dv  of the detector, the signal level 
decreases monotonically as d increases. For larger value of detector size, the 
signal level changes more slowly when d is small, but a much steeper curve is 
obtained as d increases. Figure 3.1.21(b) shows the relationship of the signal 
level to the half width 1/ 2u . At the optimum point, the signal level varying 
with the detector radius and the half width are shown with dashed lines in Fig. 
3.1.21(a) and 3.1.21(b), respectively. The results are similar to those reported 
previously for a confocal microscope with annular pupil and finite sized 
detector [85]. Although for a given pinhole size there is an optimum value of d 
to minimize u1/2, the value d = 0 always gives the minimum value of u1/2

















 for a 
given η. 
 
















Fig. 3.1.21. The signal level, as a function of (a) the detector radius vd
1/ 2u
; (b) the 
half width . 
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 In this section, we have theoretically analyzed the variations of the 
axial response as a function of the radius of the detector and distance 
parameter of the D-shaped aperture for the confocal microscope with 
D-shaped apertures. The result shows that for a given finite size of detector, by 
altering the distance parameter d, the axial resolution can be maximized, 
which is of practical significance in design and setting up of the microscope. 
For the detector size dv  less than 2.58, the optimal value of d is zero, for 
bigger dv , the optimal value of d increases. When 3.30dv = , the optimal 
value of d becomes 0.1. 
 
3. 2 Diffraction analysis for incoherent imaging in 
fluorescence confocal scanning microscope with D-shaped 
apertures 
 
3.2.1 Three-dimensional optical transfer function 
In section 3.1, based on diffraction theory, we investigated the 
performance of a coherent confocal microscope with a divider strip of width 
2d placed in the center of the objective aperture to separate the illumination 
path and the detection paths [12-13, 86-87]. The illumination and detection 
pupils are thus D-shaped segments of a circle. We found that: i) there is no 
advantage from the view of rejection of singly-scattered background in 
increasing d above a value of zero. However, the use of a non-zero value of d 
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may help to reject multiply-scattered light; ii) compared with conventional 
confocal microscopy, both the axial and transverse resolution are degraded for 
a point detector. However, the axial resolution can be improved when 
combined with a finite-size detector and an optimum d can be derived for a 
given finite-size detector; iii) serrated D-shaped apertures can be used to 
further reject the background scattering.  
However, other work [88-89] has shown that fluorescence imaging has 
the advantage of greater specificity in cancer detection in clinical diagnosis. 
The divided aperture technique can be used also with a confocal fluorescence 
modality. In this section, we therefore propose the use of the divided aperture 
technique in confocal fluorescence, and extend our previous study to the 
performance of a system with divided D-shaped apertures (DCM), based on 
incoherent image formation theory. This system has potential applications in 
any area of fluorescence microscopy into scattering media such as tissue.  
The system diagram of DCM can be found in Fig. 3.1.1. In confocal 
fluorescence microscopy (CM), a finite-size detector must always be selected 
in practice in order to increase the signal strength. The corresponding effective 
intensity point spread function (IPSF) for confocal single-photon fluorescence 
microscopy with divided apertures is 
 ( )2 21 2 2( , , ) | ( , , ) | | ( , , ) | ( , ) ,x y x y x y x yh v v u h v v u h v v u D v v= ⊗  (3.2.1) 
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where 2⊗  denotes the two-dimensional convolution operation. h1 and h2
The corresponding 3D optical transfer functions (OTF), 
 are 
the amplitude point spread function given by Eq.(3.1.18). D is the the intensity 
sensitivity given by Eq.(3.1.24). Note that here we neglect the Stokes’ shift, 
and thus assume that the system has equal fluorescence and incident 
wavelengths. In practice, the longer fluorescence wavelength may result in a 
small degradation of the imaging performance. The Stokes’ shift for practical 
dyes is often around 6%. 
 C(m,n,s) , is 
given by the 3D Fourier transform of the 3D IPSF.  
  
(a)    (b)      (c) 
 
       (d)       (e) 
Fig. 3.2.1. 3D OTFs for confocal single-photon fluorescence microscopy with 
a point detector (a) ( , )C l s  for circular apertures; (b) ( 0, , )C m n s=  for 
D-shaped apertures with 0d = ; (c) ( , 0, )C m n s=  for D-shaped apertures 
with 0d = ; (d) ( 0, , )C m n s=  for D-shaped apertures with 0.4d = ; (e) 
( , 0, )C m n s=  for D-shaped apertures with 0.4d = . 
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Since the D-shaped aperture is not circularly symmetrical, we consider 
two special cases: ( 0, , )C m n s=  and ( , 0, )C m n s= . Figure 3.2.1 shows the 
3D OTFs of DCM, normalized to unity at the origin, for a point detector as a 
function of the divider strip width 2d, compared with those of CM. As the 
width of the obstruction d increases, the 3D OTF of DCM becomes, as 
expected, narrower in all the m, n, and s directions. The cross-section of the 
OTF in n direction and s direction are shown in Fig. 3.2.2 as a function of d,  






















   




















Fig. 3.2.2. Transverse (a) and axial (b) cross-section of the 3D OTF for 
confocal microscopy with circular apertures and D-shaped apertures with a 
point detector. 
respectively. Compared with CM, the region in which the 3D OTF of DCM is 
appreciable is narrower in the m direction, resulting in a degraded transverse 
resolution in that direction. However, interestingly, for small value of d it 
becomes broader in the n and s directions, resulting in a superior response in 
high spatial frequencies, which implies that even for a point detector, both the 
transverse resolution in the n direction and axial resolution can be improved 
by selecting the value of d. As d further increases, no advantages in respect of 
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spatial resolution can be found. This phenomenon will be further discussed 
later. 
In practice, the detector is not a single point but has a finite size to 
increase the signal strength. Figure 3.2.3 illustrates the 3D OTF of DCM with 
6dv =  for different values of d, compared with that of CM. Note that for CM 
a well-known missing cone of spatial frequencies appears around the origin 
[90]. However, as the width of the divider strip increases, this cone gradually 
disappears. The transverse and axial cross-sections of the 3D OTF,  
  
     (a)       (b)         (c) 
  
       (d)        (e) 
Fig. 3.2.3. 3D OTFs for confocal one-photon fluorescence microscopy with a 
finite-size detector 6dv = . (a) ( , )C l s  for circular apertures; (b) 
( 0, , )C m n s=  for D-shaped apertures with 0d = ; (c) ( , 0, )C m n s=  for 
D-shaped apertures with 0d = ; (d) ( 0, , )C m n s=  for D-shaped apertures 
with 0.4d = ; (e) ( , 0, )C m n s=  for D-shaped apertures with 0.4d = . 
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Fig. 3.2.4. Transverse and axial cross-section of the 3D OTF for CM (dash 
lines) and DCM with 0d =  (solid lines) for 0dv =  and 4dv = , 
respectively. (a) ( , 0, 0)C n m s= = ; (b) ( 0, )C l s= . 
( , 0, 0)C n m s= =  and ( 0, )C l s= , normalized to unity at the origin, are 
respectively shown in Fig. 3.2.4, revealing their dependence on the detector 
radius dv  for 0d = . As expected, as dv  increases, ( , 0, 0)C n m s= =  and 
( 0, )C l s=  gradually become narrower and their tails go negative due to the 
effects of the finite-size detector, for both CM and DCM cases. However, as a 
result of increasing dv , compared with CM, for DCM case the magnitudes of 
the negative tails are reduced and the regions in which ( , 0, 0)C n m s= = and 
( 0, )C l s=  have appreciable value become broader. These properties imply 
that we can further improve the transverse resolution in the n direction and the 
axial resolution by using a combination of a finite-size detector and a small 




3.2.2 Incoherent imaging and optimization in confocal scanning 
microscope with D-shaped apertures 
One way to characterize axial resolution in confocal one-photon 
fluorescence microscopy is to measure the axial response of a thin fluorescent 
sheet [91]. This response gives the strength of optical sectioning: a sharper 
axial response means a higher axial resolution [92]. Consider an infinitely thin 
fluorescent sheet with an object function ( )zδ . The corresponding 
fluorescence image is given by the 3D Fourier transform of the 3D OTF 
multiplied by the spatial spectrum of the object, i.e., the 3D inverse Fourier 
transform of the object function. The axial response thus can be expressed as 
 
 
I(u) = C(l = 0,s)exp(ius)ds
−∞
∞∫ . (3.2.2) 
Figure 3.2.5 illustrates the comparison of axial response between CM 
and DCM with various of d for the cases of 0dv =  and 4dv = . In section 
3.1.3, we found that for DCM with the coherent imaging process, no superior 
axial resolution compared with CM can be obtained until dv  is larger than 
2.58 [86]. However, for the fluorescence imaging, superior axial resolution 
can be obtained even for a point detector by selecting a small value of d. For 
example, when 0d = , the half width of half maximum (HWHM)  
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Fig. 3.2.5. Intensity of the axial response to a thin fluorescence sheet for 
different values of divider strip width d in the cases of 0dv =  and 6dv = . 
ratio of DCM to CM is 0.93. If a finite-size detector is employed, the 
improvement of the axial resolution of DCM can be further enhanced (Fig 
3.2.5b). For instance, given 6dv =  if we choose 0.2d = , the HWHM ratio 
of DCM to CM is reduced to 0.72. For a point detector, the strength of the 
optical sectioning of DCM decreases as the width of the divider strip d 
increases. However, for a finite-size detector, as d increases, the strength of 
the optical sectioning first increases then decreases, indicating an optimum 
value of d for axial resolution. The optimum value of od  having the 
maximum axial resolution is plotted in Fig. 3.2.6 (solid line) as a function of 
dv . The critical width cd , where the HWHM of DCM is equal to that of CM, 
is also plotted in Fig. 3.2.6 (solid line).  
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Fig. 3.2.6. Optimum and critical width of the divider strip d as a function of 
detector size dv  to achieve best axial resolution (solid line) or best transverse 
resolution (dashed line). 
An alternative way to examine the axial response is to image a thick 
uniform fluorescence layer, sometimes called a fluorescent sea, scanned in the 
axial direction [93]. The corresponding object function is 
 
1, 0,
( , , )
0, 0.f
z





Thus the axial response can be expressed as 
 
0
( ) ( ) ( 0, ) exp( )
1 1 ( 0, )sin( ) .
2
fI u O s C l s ius ds











where fO  is the spatial spectrum of the object, given by 3D inverse Fourier 
transform of the object function. The gradient at the surface ( 0u = ) of the 





1'( 0) ( 0, ) .I u C l s ds
π
∞
= = =∫  (3.2.5) 
The larger the gradient, the sharper is the image. 
Figure 3.2.7 illustrates the images of a thick fluorescence layer for 
DCM, compared with those for CM, with various detector sizes. Note that  














   















Fig. 3.2.7. Image of a thick fluorescence layer scanning in the axial direction 
for DCM and CM with various of detector size. (a) 0dv = , (b) 6dv = . 
even for a point detector, a sharper axial response can be obtained if a small 
value of d is selected. For example, when 0d = , the surface gradient ratio of 
DCM to CM is 1.15. As dv  increases, the improvement of the axial response 
can be further enhanced. For example, when 6dv = , the surface gradient ratio 
of DCM with 0.4d =  to CM is increased to 1.54. Note that for a finite-size 
detector, as d increases, the image of the layer first becomes sharper then 
flatter, implying an optimum value of d for each given dv  that gives the 
sharpest image. The above results are similar to those for the axial response 
for a thin fluorescence sheet, which confirms the advantages of DCM from the 
point of view of improving the axial resolution.  
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From the analysis of the 3D OTF of the DCM, we find that the cut-off 
frequency in the m direction is reduced compared with the case of CM, 
resulting in a degraded transverse resolution in the x direction. However, the 
region where the value of OTF is appreciable becomes broader in the n 
direction, resulting in a superior transverse resolution in y direction. In 
general, the image of a sharp edge can be used to characterize the transverse 
resolution of a system: the sharper the image, the better the transverse 
resolution [94]. Consider a thick, straight and sharp edge placed perpendicular 
to the divider strip, and the object function is 
 
1, 0,
( , , )
0, 0.f
y

















= + ∫  (3.2.7) 
The gradient of the image at the surface ( 0yv = ) is given by 
 
0
1'( 0) ( 0, , 0) .yI v C m n s dnπ
∞
= = = =∫  (3.2.8) 
Figure 3.2.8(a) shows the images of a thick, straight and sharp edge for 
CM and DCM with different values of d and yv , respectively. Interestingly,  
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Fig. 3.2.8. Images of a thick, straight and sharp edge placed perpendicular to 
the divided strip for CM (dash lines) and DCM (solid lines), respectively: (a) 
given 0d = , but with different values of detector size dv ; (b) given 6dv = , 
but with different values of the width of the divider strip d. 
compared with CM, a sharper image can also be obtained by DCM for a point 
detector. For instance, if we choose 0d = , the image gradient ratio at the 
surface of DCM to CM is 1.06. As the detector size increases, the 
improvement is further enhanced. For example, when 6yv = , if we select 
0.2d = , the gradient ratio of DCM to CM increases to1.21. This result can be 
expected from the transverse cross-section of 3D OTF in Fig. 3.2.4(a). For a 
point detector, as the width of the divider strip d increases, the sharpness of the 
image reduces. However, for a finite-size detector, as d increases, the 
sharpness of the image first increases then decreases (Fig. 3.2.8(b)), resulting 
in an optimum value of d to achieve the sharpest image in y direction, i.e. the 
highest transverse resolution. Figure 3.2.6 (dash lines) illustrates the optimum 
value od  and the critical value cd (where given the same detector size the 
gradient of the image of DCM at the surface is equal to that of CM), as a 
function of detector size dv , respectively. 
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Fig. 3.2.9. Integrated intensities of CM (solid lines) and DCM (dash lines) for 
(a) 0dv = , and (b) 4dv = , respectively. 
Figure 3.2.9 illustrates the integrated intensity of a point object, given 
by Eq.(3.1.22), for CM and DCM with various values of detector size. It is 
shown that for a point object with a point detector, int ( )I u  falls quickest for 
DCM with 0d =  in the region of small values of u. As d increases, int ( )I u  
becomes gradually broader, and eventually broader than the case for CM. For 
larger values of u, int ( )I u  for CM falls off according to an inverse-square 
law. However, int ( )I u  for DCM falls off more quickly, for 0d =  as 
2.531/ u , 
becoming close to 3.21/ u for larger values of d [12]. For a finite-size detector, 
in the region of small values of u, as d increases the rate of decay of int ( )I u  for 
DCM first increases then decreases, leading to an optimum value of d to 
achieve the maximum rate of decay. However, for larger values of u, the rate 
of decay of int ( )I u  for DCM increases as d increases. For instance, when 
4dv = , int ( )I u  for DCM falls off for 0d =  as 
2.331/ u , becoming close to 
2.51/ u for 0.2d = , compared with 1.91/ u  for CM. The fast decay of the 
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integrated intensity demonstrates the advantage of the divided aperture 
technique in imaging through scattering media.   
Figure 3.2.10 shows S / B in CM and DCM as a function of d. For a 
given detector size dv , as d increases, /S B  reduces monotonically. For a 
given value of d, /S B  reduces monotonically as dv  increases. This 
property means that there is no advantage from the point of view of 
single-scattering background rejection in increasing dv  and d above a value 
of zero. However it may be helpful in rejection of multi-scattering 
background. Similar results have been obtained for coherent confocal 
microscopy with D-shaped apertures [13]. 


















Fig. 3.2.10. Signal to background ratio /S B  as a function of the width of 
divider strip d for various values of detector size dv . 
The performance of confocal single-photon fluorescence microscopy 
with non-overlapping D-shaped apertures has been investigated. The 3D IPSF 
is given. If the pupil is separated by a divider strip with width 2d, the 
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transverse resolution in the n direction and the axial resolution can be 
improved by selecting the value of d. For a given finite-size detector, as the 
value of d increases, both the transverse and axial resolutions first increase 
then decease, resulting in an optimum value of d (Fig. 3.2.6) to achieve the 
maximum transverse or axial resolution. The capability of rejection of the 
single-scattering background is reduced as the value of d increases, and further 
degraded as the detector size increases.  
This modification of the confocal fluorescence microscope offers 
improved imaging performance for imaging into scattering media, with 
applications in clinical diagnosis, small animal imaging, and also basic studies 
such as developmental biology. 
 
3. 3 Improvements in confocal microscopy imaging using 
serrated divided apertures 
 
The angular gating mechanism, which uses the divided aperture 
technique, combines different beam paths for illumination and detection 
together with confocal imaging, so that the illumination and detection beam 
paths cross only in the focal region. Then light scattered other than in the focal 
plane is further rejected by the confocal pinhole (or slit) [8-9]. In divided 
aperture microscopy, most published work has focused on two D-shaped 
apertures (segments of circles), one each for illumination and detection, 
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respectively [9-11, 13]. In section 3.1 and 3.2, we analyzed imaging in such a 
system based on diffraction optics. The results show that the angular gating 
technique can enhance the efficiency of rejecting scattering light. However, it 
is interesting to note that a central bright spot exists even far from the focal 
plane. This out-of-focus central bright spot, analogous to the Poisson spot, 
allows overlapping of the illumination and detection regions, affecting 
imaging quality and contrast.  
 This section describes weakening the strength of the out-of-focus 
central bright spot with the use of serrated apertures [95-98], thus further 
increasing the efficiency of the angular gating technique. Consider a 
reflective-mode confocal microscope with divided serrated-apertures of mean 
radius 0a , which is illustrated in Fig. 3.3.1. A suitable scanning system has  
 




been described by Koester [8]. The radius of the serrated-aperture is given by 
0 (1 )r a σ= + , where σ  is a random variable. Since the actual distribution 
function of σ  does not affect the results much, we choose a uniform 
distribution function between δ± . A divider strip of width 2d is placed in the 
center of the objective aperture to separate the illumination path and the 
detection path. 
Using D-shaped apertures increases the rejection of out-of-focus light, 
since the illumination and the detection paths only overlap on the focal plane. 
However, from section 3.1.2, we understand that due to the diffraction by the 
apertures, there is a central bright spot out of the focal region caused by the 
coherent summation of rays from the circular edge. Therefore, we introduce 
serrated apertures to weaken the strength of the out-of-focus central bright  
serrated
v x

































Fig. 3.3.2. The intensity point spread function of confocal system with serrated 
divided apertures and D-shaped apertures, for vx-u section and vy
0.1d =
-u section, 
when and 0.1δ = . 
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spot. Fig. 3.3.2 illustrates the IPSF of the serrated divided apertures, compared 
with the D-shaped apertures. At the focal point, the IPSFs for the serrated 
apertures case and the D-shaped apertures case have the same value, since the 
intensity at the focal point is proportional to the fourth power of the area of the 
pupils. However, it can be seen that the serrated divided apertures dramatically 
weaken the strength of the out-of-focus central bright spot. For example, when 
20u = , the intensity of central spot for serrated divided apertures case is 
reduce to 24% of that for D-shaped apertures case. That is because the centers 
of curvature of the aperture edges are identical for the D-shaped apertures, 
while randomly varying for the serrated apertures.  
To further understand the imaging performance, Fig. 3.3.3 shows the 
half width half maximum (HWHM) of the axial response u1/2 and the HWHM 
of the transverse intensity vx1/2 and vy1/2 of the confocal system with divided 
serrated apertures, compared with that for D-shaped apertures. Note that the 
u1/2 
dv
becomes smaller before becoming larger as d increases for finite size 
pinhole, which shows that for a given detector pinhole size we can choose the 
value of d to optimize the axial resolution. It can be observed that the HWHM 
of the axial response of the system with serrated apertures is nearly the same 
as that with D-shaped apertures for various detector sizes . However, the 
HWHM of transverse intensity of the system with serrated apertures is smaller 
than that with D-shaped apertures as dv  increases. This indicates that the 
axial resolution is nearly maintained, while the transverse resolution is 
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obviously improved for larger dv . In addition, in the log-log plot of the axial 
intensity from a plane reflecting object shown in Fig. 3.3.4, it is seen that the 
intensity of the system with serrated apertures decays faster than that with 
D-shaped apertures (see the dashed lines).  This is because that the energy in 
the side lobes for the serrated apertures reduces faster than the D-shaped 
apertures, which can be confirmed by the intensity point spread function 
shown in Fig. 3.3.2(a) for the vy = 0 plane and Fig. 3.3.2(b) for the vx













D-shaped vd = 6
serrated δ =0.1, vd = 6
serrated δ =0.15, vd = 6
D-shaped vd = 10
serrated δ =0.1, vd = 10
serrated δ =0.15, vd = 10
 = 0 
plane. This phenomenon has practical significance, because more scattered 
light outside the focal region is rejected, meanwhile that in the focal region 
remains, allowing better imaging quality and contrast. 












































Fig. 3.3.3 (a) HWHM of the axial response for a perfect planar object, u1/2
0.1δ =
, as 
a function of d for  and 0.15δ =  when 6dv =  and 10dv = . (b) 
HWHM of the transverse intensity, vx1/2 and vy1/2
= 0.05, 0.1 and 0.15,δ
, when u = 0 as a function of 



















D-shaped d = 0
Serrated δ = 0.05, d = 0
 
Fig. 3.3.4 Axial response I(u) to a perfect reflector for point detector when d = 
0. 
Fig. 3.3.5 shows a comparison of S/B between confocal microscope 
with serrated divided apertures and D-shaped apertures. It can be seen that S/B 
decreases monotonically with the value of d, which means no improvements 
from the point of view of rejection of singly-scattered background in 
increasing d above a value of zero [12]. However, use of a non-zero value of d 
may help in rejected multiply scattered light. For a given d, S/B for the 
serrated divided apertures is higher than for D-shaped apertures. This confirms 
that the serrated apertures can reduce the effects of disturbances from 
out-of-focal region, thus enhancing the imaging quality. 
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serrated δ = 0.1
serrated δ = 0.15
 
Fig. 3.3.5 Signal to background ratio, S/B, as a function of d for 0.1δ =  and 
0.15δ = , respectively. 
In this section, we have introduced a modified confocal microscopy 
with serrated divided apertures. The technique has practical significance, since 
the out-of-focus central bright spot, which affects the image performance, is 
greatly reduced; while the resolution is maintained. In addition, the signal to 
background ratio, which indicates an increased efficiency of the rejection of 
scattered light, is also improved. Finally, this approach could also be applied 
to the related technique of focal modulation microscopy (FMM) [16]. 
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Chapter 4 Focal modulation microscopy   
      
4. 1 Focal modulation microscopy with D-shaped apertures 
 
4.1.1 Image formation in focal modulation microscopy 
Confocal fluorescence microscopy has been used successfully to 
distinguish cancer cells rapidly and noninvasively from surrounding tissues 
[100-101]. In confocal microscopy, a pinhole or single-mode fiber is used to 
reject out-of-focus light scattered by the tissue. However, the selective 
detection mechanism is not so effective when the focal point moves deep into 
the tissue, when multiple scattering dominates over ballistic scattering [6]. 
More recently, our group has developed a modified confocal microscopy 
technique, which we call focal modulation microscopy (FMM) [16, 102-105], 
to effectively reject the multiply scattered photons. FMM can simultaneously  
 
Fig. 4.1.1. Schematic diagram of the focal modulation microscope. LBE: laser 
beam expander. SPM: spatial phase modulator. DM: dichroic mirror. LF: 




acquire conventional confocal images and FMM images. Experimental results 
for chicken cartilage show that the imaging depth of FMM can be extended to 
around 600 µm. Compared with conventional confocal microscopy, which is 
usually performed at an imaging depth up to a few tens of microns for 
subcellular imaging, our FMM system exhibits a substantial improvement.  
Figure 4.1.1 illustrates a schematic diagram of our prototype 
experimental setup. Illumination is by a solid state single frequency laser at a 
wavelength of 640 nm. The expanded beam is split into two spatially separated 
half-beams, and only one half-beam passes through a spatial phase modulator, 
which causes the two half-beams to have a relative frequency shift. After 
focusing by the objective lens, the two half-beams interfere to produce an 
illuminating pattern that moves relative to the focal point, as a result of the 
relative phase between the beams. A modulation of the illumination intensity is 
achieved only around the focal region, generating a modulated fluorescence 
signal. Before the collected light enters the detector, a long pass filter is used to 
reject the excitation light, and finally, the detected modulated signal is 
analyzed using demodulation and lock-in techniques. Only the ballistic 
photons contribute to modulated excitation intensity as they have well defined 
phase and polarization, so that the scattered light is filtered out. FMM can be 
performed with various different geometries for the two illuminating beams, 
which must originate from non-overlapping apertures in the front focal plane 
of the objective.  
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For a better understanding of the operation of FMM, we first study the 
three dimensional (3D) intensity image of a point object. To simplify the 
simulation, we assume that the incident light and the emitted fluorescence 
light have the same wavelength, i.e. we neglect the Stokes’ shift, which may 
result in a further degradation of the 3D image. The corresponding 3D image 
of a point object with a finite size detector is given by: 
( )2 221 1 2 2( , , , ) ( , , ) ( , , ) ( , , ) ( , ) ,i tx y A x y B x y x y x yI v v u t h v v u h v v u e h v v u D v vδω= + ⊗  
   (4.1.1) 
where 2 tδω is the instantaneous relative phase shift of the two half-beams, 
1 ( , , )A x yh v v u  and 1 ( , , )B x yh v v u  are the 3D amplitude point spread functions 
(APSF) of the left and right half objective lenses (Fig. 4.1.1), respectively, and 
2 ( , , )x yh v v u  is the APSF of the collection lens. Their definitions can be found 
in Eq. 3.1.18. 
After passing through a lock-in amplifier, we can extract four signals: 
the DC signal DCI , the modulation signal modI , and, by using a reference 
signal, the in-phase component ipI  and quadrature component quI . These are 
given by: 
 ( )( )2 2 21 1 2 2 ,DC A BI h h h D= + ⊗  (4.1.2) 
 ( )2*mod 1 1 2 2 ,A BI h h h D= ⊗  (4.1.3) 














.  (4.1.5) 
Fig. 4.1.2 illustrates contour plots of the image of a point object for the 





























































Fig. 4.1.2. The intensity image of a point object with a point detector, for (a) 
confocal microscope with two identical circular lenses; (b) confocal 
microscope with divided apertures (D-shaped apertures); (c) modulation signal 
in FMM ; and (d) in-phase signal in FMM. For (a), (b) and (d) this represents 
the intensity point spread function IPSF. 
the modulation signal and the in phase-signal, compared with confocal 
microscopy using either circular apertures or D-shaped apertures. We compare 
these in the 0yv =  plane only since they behave exactly the same as each 
other in the 0xv =  plane. This is understandable, because in the y direction of 
the incident pupil space there is no phase change in FMM. From Fig. 4.1.2, it 
can be seen that the image for the modulated signal in FMM is narrower in the 
transverse direction than for the confocal microscope with D-shaped pupils, 
but broader than for confocal microscope with circular pupils. Because of the 
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nonlinear form of Eq. 4.1.3, image formation for the modulated signal in 
FMM is not linear in intensity, and hence the image of a point object cannot be 
regarded as an intensity point spread function (IPSF). However, for the 
in-phase signal, IPFMM, there is an IPSF, equal to the image of a point object, 
and this converges to a narrower transverse region than those for either 
confocal microscopy or the modulation signal in FMM. The half width at half 
maximum (HWHM) of the IPSF for IPFMM is improved by 16.4% compared 
with the confocal case, whereas the D-shaped case is degraded by 89.1%, as 
might be expected from the smaller pupil. This phenomenon shows that using 
the in-phase signal of FMM, an improved spatial resolution can be obtained. 
Moreover, as the detector size increases, the IPSF is only slightly degraded. 
The IPSF for IPFMM exhibits values that can be slightly negative, and these 
negative values increase for larger pinhole sizes. When dv  is approximately 
less than 2, the IPSF is similar to the point detector case. The resolution 
improvement of IPFMM can be understood as an example of two-pupil 
synthesis [106], which is a general method for generating an optical transfer 
function that is not an autocorrelation, thus increasing the relative strength of 
higher spatial frequencies.  
Fig. 4.1.3 illustrates a log-log plot of the integrated intensities for 
IPFMM, compared with the confocal microscopy with circular apertures and 
with D-shaped apertures for a point detector. It can be seen that near the focal 
plane the integrated intensity of IPFMM has a narrower main lobe than for 
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confocal microscopy. More importantly, IPFMM has the sharpest slope in the 
log-log plot, increased from 2 to 2.9, which indicates that the background 
decays more quickly with distance from the focal plane. Background 
scattering can be described by the integrated intensity over a featureless 
volume, which is calculated as 5.31, 4.60, and 4.42 for the confocal, D-shaped, 
and IPFMM cases, respectively.  The behavior of the integrated intensity 
does not change appreciably for non-zero, but small, pinhole sizes. The signal 
to background ratio (S/B) is defined as the ratio between the signal at the focal 
point (0,0,0)I  and the background scattering [12]. Note that the value of S/B 
is independent of the absolute strength of the signal and background, and the 
signal is proportional to the fourth power of the area of the pupils. The S/B is 
0.032, 0.02, and 0.048 for the confocal, D-shaped, and IPFMM cases, 
respectively, indicating an improvement for IPFMM. Moreover, compared 
with confocal, the improvement of IPFMM is further increased when a finite 
size pinhole is used, from 50% for 0dv = , to 81.6% for 2dv = .    
















Fig. 4.1.3. The variations of the integrated intensity of IPFMM, compared with 
the conventional confocal microscope with circular apertures and with 
D-shaped apertures, for a point detector.  
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The superior image performance of FMM has a simple explanation. In 
the FMM case, only the ballistic photons in the focal region can be detected 
due to their well-defined phase and polarization. However, in confocal 
microscopy, some ballistic photons scattered from the vicinity of the focal 
plane can still be collected by the detector through the pinhole. Thus the 
spatial filtering effect using only a pinhole in confocal microscopy is not as 
effective as in FMM, where the spatial filtering effect is enhanced by a phase 
modulator. Moreover, detection of the in-phase signal IPFMM, instead of the 
modulation signal, gives better spatial resolution and deeper penetration depth, 
making it promising for in vivo imaging. In practice, the use of a lock-in 
amplifier can further enhance noise rejection by reducing noise components 
that do not fall on the modulation frequency.  
FMM can also be performed in a saturated fluorescence mode 
[107-108] to provide in principle further unlimited increase in resolution. The 
geometry of FMM, using two beams with a relative frequency shift to result in 
intensity modulation, coupled with detection using lock-in techniques, is 
compatible with the technique recently described by Fujita et al.[46], where a 
time-harmonic fluorescence signal is generated by fluorescence saturation. 
This method, called saturated excitation microscopy (SAX), can be combined 
with IPFMM to obtain further improvements in spatial resolution coupled with 
increased depth penetration. The fluorescence signal obtained by harmonic 
demodulation at the frequency of nω  (n = 2,3…) is proportional to the nth 
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power of the excitation intensity when excitation is low enough that the 
harmonic power is not saturated. Therefore, the effective IPSF for IPFMM 
with saturated excitation, demodulated at the frequency of nω , is given by: 
 ( ) ( )2* *1 1 1 1 2 2 .nip A B A BI h h h h h D= + ⊗  (4.1.6) 
Fig. 4.1.4 shows profiles of the IPSFs in the lateral ( xv ) direction at various 
demodulation frequencies for SAX, and IPFMM combined with SAX, 
respectively. It should be pointed out that the IPSF of IPFMM has side lobes 
with small negative values. As the order of the demodulation frequency 
increases, the magnitude of the negative components is drastically reduced. 
Thus the imaging artifacts caused by the negative components are negligible. 
The HWHM for SAX at demodulation frequencies ω , 2ω , 4ω , an 8ω  are 
1.16, 0.95, 0.74, and 0.55, respectively. However, when IPFMM is combined 
with SAX, the HWHMs at demodulation frequencies ω , 2ω , 4ω , and 8ω  
are reduced to 0.97, 0.77, 0.58, and 0.43, respectively. Compared with 
confocal microscope, the HWHMs of IPFMM combined with SAX can be 
improved by 16.4%, 33.6%, 50.0%, and 62.9% at demodulation frequencies 
ω , 2ω , 4ω , and 8ω , respectively. Note that the spatial resolution of SAX 
is not limited by fundamental effects, but rather by the S/N, the dynamic-range 
of the detection system and the nonlinearity incoherent in the light 
illumination. When the order of demodulation increases, not only does the S/N 
becomes dramatically degraded but also a strong excitation intensity is 
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required, thus giving rise to stronger photobleaching effects. However, if we 
combine SAX with IPFMM, we can reduce the order of demodulation 
frequency but retain the spatial resolution. For example, we can utilize 
2nd 2ω-harmonic frequency ( ) to obtain a spatial resolution which needs 
fourth-harmonic frequency ( 4ω ) by SAX alone, making SAX more promising 
for observations of biological phenomena in vivo. 



































Fig. 4.1.4. PSFs of (a) saturated fluorescence microscopy, and (b) IPFMM 
combined with saturated excitation of fluorescence, for demodulation 
frequencies ω , 2ω , 4ω , and 8ω , respectively. 
 In conclusion, we have demonstrated that improved spatial resolution 
can be obtained by a standard optical setup for confocal fluorescence 
microscopy equipped with a spatial phase modulator and a lock-in detection 
system. It is also possible to combine this technique with SAX, which gives 
superresolution (i.e. spatial bandwidth increased beyond the classical limit), to 
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reduce the order of demodulation frequency while maintaining the spatial 
resolution.  
 
4. 1.2 Edge enhancement for in-phase focal modulation microscopy 
In this section, in terms of the three-dimensional (3D) optical transfer 
function (OTF), we further investigate images of a straight edge to show the 
improvement of transverse resolution in FMM. An image of straight edge 
shows an aspect of the two-dimensional imaging capability of an optical 
system. In general, a sharper edge image means a better transverse resolution 
[109].  
The 3-D OTF ( , , )C m n s  for the IPFMM is given by the 3D Fourier 
transformation of its IPSF, expressed as: 
 3( , , ) [ ],ipC m n s F I=  (4.1.7) 
where F3
 
 denotes the 3D Fourier transformation. For a point detector, the 3D 
OTF can be reduced to: 
( ) 2* *3 1 1 1 1 2( , , ) ,A B A BC m n s F h h h h h = +   (4.1.8) 
Consider the special case when half of the objective pupil is covered 
by the phase modulator. Therefore, 1Ah  and 1Bh  are APSFs of the 
semi-circular objective pupil, and have the symmetric relationship that 
1 1( , , ) ( , , )b x y a x yh v v u h v v u= − − . Figure 4.1.5 illustrates the 3D OTF of IPFMM 
with symmetric semi-circular objective pupils, normalized to unity at the 
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origin, for different values of detector size. For a point detector, the transverse 
and axial normalized cut-off spatial frequencies are 4 and 1, respectively. As  
    
    
(a) (b) 
(f) (e) (d) 
(c) 
 
Fig. 4.1.5. 3-D optical transfer functions (a) of confocal microscope, 0dv = ; 
(b) ( , 0, )C m n s=  of IPFMM, 0dv = ; (c) ( 0, , )C m n s=  of IPFMM, 0dv = ; 
(d) of confocal microscope, 4dv = ; (e) ( , 0, )C m n s=  of IPFMM, 4dv = ; (f) 
( 0, , )C m n s=  of IPFMM, 4dv = . 
dv  increases, the 3D OTF becomes narrower and the region over which the 
3D OTF has appreciable value reduces gradually. This is understandable since 
the optical sectioning ability of the confocal microscope can be degraded with 
the utilization of a finite sized detector. In Fig. 4.1.5, compared with the 
confocal microscope, it is interesting to notice that there are double peaks in 
the m direction in IPFMM. Although the cut-off spatial frequencies remain the 
same as confocal microscopy, the magnitude of the 3D OTF is increased, 
which indicates that a stronger signal can be obtained. Therefore, the 
transverse resolution can be improved. This improvement in transverse 
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resolution is further discussed in the following section. The double peaks 
phenomenon results from the introduction of the phase modulator. The two 
illumination pupils, with and without phase modulator, do not overlap. 
Therefore, two peaks appear in the 3D OTF. With the convolution of the finite 
size detector, the ratio of the two peaks to the origin can be further enhanced.  
Transverse resolution in confocal fluorescence imaging is determined 
by the transverse cutoff spatial frequency and transverse response of the 3D 
OTF. One of the methods for characterizing the transverse resolution is to 
consider the image of a shape and straight edge scanned in the focal plane. 
We first consider a thick, straight and sharp fluorescent edge (i.e. the 
edge of a fluorescent sea) scanned in the focal plane. Since the IPSF for 
IPFMM is not central symmetrical, two important cases should be considered: 
the edge being oriented perpendicular (⊥) and parallel (∥) to the x axis. The 
corresponding fluorescence strength of objects can be expressed as: 
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Because of the incoherent nature of image formation in the IPFMM, the image 
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The one-photon fluorescence images of the thick edge in IPFMM, 
compared with confocal microscopy (CM), for a point detector and a finite 
size detector with 2.8dv =  are shown in Fig. 4.1.6. The value is normalized 
to unity by its value far from the edge. The intensity at the edge is one half of 
its value far from the edge, as is expected for incoherent imaging in confocal. 
It is seen that for a given size of pinhole, the images obtained in IPFMM are 
sharper than those in confocal, irrespective of the orientation of the edge. 
Besides, when the edge is oriented perpendicular to the x axis, the 
improvement becomes more significant. It is interesting to note that for 
IPFMM, the image of the thick edge oriented perpendicular to the x axis is 
even sharper as dv  increases; while for confocal microscope, the image of the 
thick edge becomes broader as dv  increases, indicating a degraded transverse 
resolution. The significance of this result is that IPFMM can obtain much 
higher sensitivity of edge detection than confocal in practical applications 
where a finite-size detector pinhole is always applied. This property is further 




x yx y v
I v =∂ ∂ ) is plotted as a function of dv . It is noted that when the edge 
is orientated perpendicular to the x axis, the gradient for point detector is 
approximately 36.1% larger than that for confocal, whereas improvement 
reaches to 75.4% for a finite-sized detector pinhole with 2.8dv = . It should be 
mentioned that negative value appears in the image intensity profile of the 
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edge for FMM cases, due to the modulation and demodulation procedures. 
However, if a small pinhole is applied, the negative value is negligible.  
































Fig. 4.1.6. The one-photon fluorescence images of the thick edge in IPFMM 
compared with confocal microscopy (CM) for (a) point detector; (b) detector 
pinhole radius 2.8dv = . 
















Fig. 4.1.7. Intensity gradient of the image 
,, 0
( / )
x yx y v
I v =∂ ∂  of the thick edge in 
IPFMM compared with confocal microscopy (CM). 
The improvement in transverse resolution can be also found in the case 
of images for a thin, straight and sharp fluorescent edge scanned in the focal 
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plane. In this case, we also need to consider two extreme cases: the edge 
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where 2 ( , )C m n  denotes the two-dimensional in-focus OTF of the IPFMM, 
given by the projection of the 3D OTF ( , , )C m n s  in the focal plane.  
Figure 4.1.8 displays the one-photon fluorescence images of the thin 
edge in IPFMM compared with confocal microscopy. For the edge oriented 
perpendicular to the x axis, the IPFMM method results in much sharper 
images compared with confocal, for both point and finite-sized detector 
pinhole cases. Besides, as the detector pinhole size increases, the image 
obtained in IPFMM becomes sharper (Fig. 4.1.9). For the edge parallel to the x 
axis, the intensity gradient at the edge of IPFMM for small detector pinhole 
size is slightly larger than that of confocal. However, as the detector pinhole 
size increases, the sharpness of the image in IPFMM becomes obviously 
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superior to that in confocal. It is noted that when the edge is oriented 
perpendicular to the x axis, the gradient for point detector is approximately 
22.6% larger than that for confocal, whereas improvement reaches to 58.9% 
for a finite-sized detector pinhole with 2.8dv = .  
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Fig. 4.1.8. The one-photon fluorescence images of the thin edge in IPFMM 
compared with confocal microscopy (CM) for (a) point detector; (b) detector 
pinhole radius 2.8dv = . 
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Fig. 4.1.9. Intensity gradient of the image 
,, 0
( / )
x yx y v
I v =∂ ∂  of the thick edge in 
IPFMM compared with confocal microscopy (CM). 
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We have shown that the improvements of the transverse resolution 
exist despite the orientation of the edge. Interestingly, as the detector pinhole 
size increases, the transverse resolution of IPFMM for the edge oriented 
perpendicular to x axis is dramatically improved compared with that of 
confocal, whose transverse resolution is gradually degraded. It seems that in 
order to obtain transverse resolution as high as possible, we should apply a 
detector pinhole as big as possible. However, as the size of the detector 
pinhole increases, the amount of unwanted scattered light is also increased. 
Thus, the signal level becomes practically important. In incoherent imaging, 
the signal level can be derived by considering the object to be a thin uniform 
fluorescent sheet in the focal plane [5]: 
 
0
( ) ( 0, 0, ) ,c
s
dv C m n s dsη = = =∫  (4.1.13) 
where cs  is the axial cut-off spatial frequency.    
Figure 4.1.10 illustrates the signal level η  as a function of normalized 
detector radius dv  in IPFMM. It is seen that as the detector size increases, the 
signal level first increases then decreases, leading to a maximum at dv  
around 2.8. The probable reason for this phenomenon is that as the detector 
size increases, the negative value of the IPSF of IPFMM becomes large 
enough to affect the image formation. Thus in practice, to obtain high 
transverse resolution with IPFMM, the normalized detector pinhole radius 
should not exceed 2.8. Besides, if the pinhole radius size is smaller than 2.8, 
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the axial resolution degradation can be negligible according to numerical 
experiments.  









Fig. 4.1.10. Signal level η  as a function of detector pinhole radius dv  in 
IPFMM. 
In conclusion, we have theoretically analyzed the one-photon 
fluorescence images of straight edges in IPFMM. The simulations of the edge 
images are performed based on the 3D OTF of IPFMM. Numerical results 
show that given the value of normalized detector pinhole radius 2.8, the edge 
gradient can be increased up to 75.4% and 58.9% for thick edge and thin edge, 
respectively. Compared with confocal microscope, our low-cost IPFMM can 
not only reject background signal more effectively [104], but also obtain 
higher transverse resolution, especially when the edge is oriented 
perpendicular to the x axis. This development is particularly appealing for 
biological research and clinical diagnosis.  
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4. 2  Focal modulation microscopy with annular apertures 
 
4.2.1 Introduction 
In section 4.1, we investigated focal modulation microscopy with 
divided D-shaped apertures, which combines confocal fluorescence 
microscopy with the angular gating technique. The advantages of FMM over 
confocal microscopy have been demonstrated by a series of theoretical 
analyses and imaging experiments using a tissue phantom and chicken 
cartilage. Experimental results show that the imaging depth of FMM can be 
extended to around 600 µm [16]. In addition, the transverse resolution is also 
improved [103]. However, the prototype FMM system uses two 
non-overlapped D-shaped apertures (DFMM), which destroys the spatial 
resolution symmetry of the system.  
In this section, we extend our previous work and propose an alternative 
geometry based on annular apertures to retain the symmetry of the system. We 
find that focal modulation microscopy with annular apertures (AFMM) can 
further enhance the background rejection compared with DFMM, and thus the 
penetration depth can be further extended. Numerical results also show that 
compared with confocal microscopy, AFMM can simultaneously increase both 
the axial and transverse resolutions. This is perhaps surprising, since as is well 
known confocal microscopy using an annular aperture with a small detector 
pinhole always results in an improvement in transverse resolution at the cost of 
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reduction of the optical sectioning strength [67]. But actually it has been 
shown previously that an annular pupil can give improved sectioning strength 
when used in conjunction with a finite sized pinhole [90]. Finally, the analysis 
of the signal level shows an optimal configuration of AFMM. In the following 
sections, we describe the behavior of AFMM based on scalar diffraction theory. 
The schematic diagram of AFMM is shown in Fig. 4.2.1.  
 
 
Figure 4.2.1. Schematic diagram of focal modulation microscopy with annular 
apertures. 
 
4.2.2 Image of a point object 
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The 3D IPSF of AFMM is given by Eq. (4.1.4), where 1 ( , )Ah v u  and 
1 ( , )Bh v u  are the 3D APSF of the annular and circular objective apertures, 
respectively, and 2 ( , )h v u  is the APSF of the collection lens. According to the 
scalar diffraction theory and paraxial approximation, these are defined by: 
 
1
1 ,1 ,2 1 ,1 ,2 00
( , ) ( ) ( ) exp( / 2) ,A B A Bh v u P J v iu dρ ρ ρ ρ ρ= −∫  (4.2.1) 
where P1A and P1B
aε
 are the pupil functions of the annular objective aperture 
with inner and outer radii of  and a  ( 0 1ε< < ), and the circular 
objective aperture with radius of aε , respectively, and P2 is the pupil 
function of the collection lens. These expressions also apply for other 
non-overlapping geometries for the pupils P1A and P1B
6.5u =
 with central symmetry. 
The image performance can be demonstrated by simulating the image of a test 
pattern such as a radial spoke pattern. Fig. 4.2.2 illustrates a comparison of the 
images of a sequence of fan blades which are arranged in a spiral away from 
the focal plane to a defocus plane at  with an interval of 0.5u∆ = , 
for CM and AFMM, respectively, with various detector sizes. It can be noticed 
that for a point detector, the image intensity with AFMM degrades much faster 
in the optical axial direction than CM, indicating the better optical sectioning 
ability of AFMM. The imaging performance of AFMM with 0.9ε =  is 
slightly better than that of AFMM with equal area ( 2 / 2ε = ) in both axial 




















































































(a) (b) (c) 
(d) (e) (f) 
 
Figure 4.2.2. Images of a sequence of fan blades arranged in a spiral away 
from the focal plane to a defocus plane at 6.5u =  with an interval of 
0.5u∆ =  for (a) CM with a point detector; (b) AFMM with equal area 
2 / 2ε =  with a point detector; (c) AFMM with 0.9ε =  with a point 
detector; (d) CM with 4dv = ; (e) AFMM with equal area 2 / 2ε =  with 
4dv = ; (f) AFMM with 0.9ε =  with 4dv = . The horizontal and vertical 
axes are in units of v. 
and AFMM become blurred. In addition, the defocus intensity is relatively 
enhanced, indicating that the spatial resolution of both imaging systems is 
gradually degraded. However, the advantages of AFMM over CM become 
more obviously in both the strength of optical section and the transverse 
resolution. It is interesting to note that given the same detector radii, both the 
axial resolution and transverse resolution of AFMM can be further enhanced 
by increasing the inner radius ( aε ) of the annular objective aperture. 
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To further investigate the transverse resolution with AFMM, we 
compare the images of a radial spoke pattern at the focal plane for CM, 
DFMM and AFMM, respectively, for various values of the detector radii dv  
in Fig. 4.2.3. It can be noticed that the transverse resolution of DFMM is 
asymmetric due to the asymmetric property of the two D-shaped illumination. 
In DFMM, improved transverse resolution can be obtained in the horizontal 
direction, however, it is gradually degraded when deviating from the 
horizontal direction to the vertical direction. In AFMM, the transverse 
resolution remains the same for all the directions because of the symmetric 
property of the annular and circular apertures. In fact, DFMM can improve the 
transverse resolution in one direction and when 2.8dv < , its strength of 
optical sectioning can be maintained as similar to CM. Interesting, AFMM can 
not only improve the transverse resolution to the same level of DFMM, but 
also simultaneously increase the optical sectioning strength. As dv  increases, 
the advantages of AFMM over both CM and DFMM become more obvious in 
the spatial resolution, making AFMM quite promising for biological 
application.  
The spatial resolution can be further investigated with the intensity 
point spread function (IPSF). Fig. 4.2.4 illustrates the three-dimensional 
intensity point spread function normalized to unity at 0v u= = , for confocal 
microscopy (CM), DFMM and AFMM with 2 / 2ε = , respectively, with a 



















































































(a) (b) (c) 
(d) (e) (f) 
 
Figure 4.2.3. Images of a radial spoke at the focal plane for (a) CM with a 
point detector; (b) DFMM with a point detector; (c) AFMM with equal area 
2 / 2ε =  with a point detector; (d) CM with 4dv = ; (e) DFMM with 
4dv = ; (f) AFMM with equal area 2 / 2ε =  with 4dv = . The horizontal 
and vertical axes are in units of v. 
bright spot of the 3D IPSF of DFMM is smaller in the xv  direction, whereas 
remains the same in the yv  and axial directions, which means that DFMM 
can improve the transverse resolution in one direction. However, for the case 
of AFMM, the IPSF is narrower in the axial direction, whereas it remains the 
same as CM in the transverse direction, which means it can improve the axial 
resolution while maintaining the transverse resolution the same as the CM. 
Comparison of the cross sections of the IPSF for CM, DFMM and AFMM, 
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Figure 4.2.4. Intensity point spread functions with a point detector for (a) CM; 
(b) DFMM; (c) AFMM with equal area 2 / 2ε = . (d) Cross sections of the 
IPSF for CM, DFMM and AFMM with equal area 2 / 2ε = , in axial 
direction (dash lines) and in xv  direction (solid lines), respectively. 
in Fig 4.2.4(d). The half width at half maximum (HWHM) of the 3D IPSF is 
improved up to 16.4% in the xv  direction by DFMM, and 17.8% in axial 
direction by AFMM. It should be pointed out that as the value of ε  
increases, the IPSF of AFMM will be further concentrated in both transverse 
and axial directions, leading to a further improvement in both transverse and 
axial resolution. Note that the IPSFs of both DFMM and AFMM exhibit 
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values that can be slightly negative, which is due to the modulation and 
demodulation process. However, when the detector radius 3.8dv < , the 
relative negative value (compared to maximum) of AFMM is less than 10%.  
 
4.2.3 Optical transfer function  
The 3D optical transfer function (OTF) for AFMM is simply given by 
the 3D Fourier transform of IPSF, which can be expressed as: 
 ( )( )2* *3 1 1 1 1 2 2( , ) ( , ) ( , ) ( , ) ( , ) ( , ) ( ) ,A B A BC l s F h v u h v u h v u h v u h v u D v = + ⊗   
































































Figure 4.2.5. 3D Optical transfer functions for (a) CM with 0dv = ; (b) CM 
with 4dv = ; (c) AFMM with equal area 2 / 2ε =  with 0dv = ; (d) AFMM 
with equal area 2 / 2ε =  with 4dv = ; (e) AFMM with 0.9ε =  with 
0dv = ; (d) AFMM with 0.9ε =  with 4dv = . 
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Fig. 4.2.5 compares the 3D OTFs of CM with those of AFMM for 
various values of the detector radii dv . The 3D OTFs are normalized to unity 
divided by ( 0, 0)C l s= = . For a point detector, as expected, the normalized 
transverse and axial cut-off spatial frequencies of both CM and AFMM 
systems are 4 and 1, respectively. However, the high spatial frequency region 
in which the 3D OTF has appreciable values for AFMM is much broader than 
for CM. As dv  increases, the 3D OTF of AFMM becomes much broader than 
that of CM. This broadening of the 3D OTF results in a superior response at 
high spatial frequencies, due to more energy is distributed at higher spatial 
frequency in AFMM than in CM. Thus, an improved spatial resolution can be 
achieved by AFMM system. In addition, AFMM with 0.9ε =  shows a better 
performance than AFMM with equal area ( 2 / 2ε = ). For example, 
considering the in-focus OTF 2 ( )C l  which is given by the integration of the 
3D OTF ( , )C l s  with respect to the variable s, the value of 2 ( )C l  of AFMM 
with equal area increases by 10.6% over CM at frequency 2l =  for a point 
detector. However, the improvement increases to 43.1% with AFMM with 
0.9ε = . For higher frequency such as 3l = , the improvement can be further 




Figure 4.2.6. The cross section ( 0, )C l s=  of the 3D OTF for CM, AFMM 
with equal area 2 / 2ε =  and AFMM with 0.9ε =  with (a) 0dv = ; (b) 
4dv = . 
Fig. 4.2.6 shows the cross section ( 0, )C l s=  of the 3D OTF, whose 
one-dimensional inverse Fourier transform is directly proportional to the axial 
response of an infinitely thin fluorescent sheet, thus giving a measure of the 
strength of optical sectioning. Note that for a point detector, at high frequency 
such as s = 0.8, ( 0,0.8)C l =  of AFMM with equal area is enhanced four 
times compared with CM, while for AFMM with 0.9ε = , the improvement 
reaches to 5.5 times. As dv  increases to 4, the improvements of ( 0,0.8)C l =  
for AFMM with equal area and 0.9ε =  increase to 4.5 times and 5 times, 
respectively, thus implying a larger improvement in the strength of optical 
sectioning. 
 
4.2.4 Background rejection 
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Besides spatial resolution, penetration depth, which relates to the 
background rejection ability, is also of crucial importance in an imaging 
system. The integrated intensity can be used to describe the background from 
an infinitely thin autofluorescing sheet. The comparison of the integrated 
intensity of CM, DFMM and AFMM with equal area ( 2 / 2ε = ) is shown in 
Fig. 4.2.7 for various values of detector radii. It is well known that the 
integrated intensity decays as 2u  for CM with a point detector [12]. The 
decay rate increases to 3u  for DFMM and further increases for AFMM, 
indicating that more background can be eliminated, and thus higher 
penetration depth can be achieved. It can be noticed that a zero point of Iint






























appears along the optical axis, which results from the modulation and 
demodulation process, as well as the area match of the two objective apertures. 
For a finite-sized detector, the advantages of AFMM from the point of view of 
background rejection become more apparent (Fig 4.2.7b).  
Figure 4.2.7. The integrated intensity for a confocal microscopy, DFMM and 
AFMM with equal area 2 / 2ε =  for: (a) 0dv = : (b) 4dv = . 
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For a thick object, the background of the different microscope 
geometries with a point detector is compared directly in Fig. 4.2.8, normalized 
to unity by the intensity at the focal point. It can be noticed that compared with 
CM, the background signal can be suppressed by either DFMM or AFMM. 
Interestingly, compared with DFMM, if AFMM with equal areas is used, the 
background rejection capability can be enhanced only when the normalized 
defocus distance 6.7u > . However, if AFMM with 0.9ε =  is used, the 
background rejection capability is improved for any thickness of the object, 
indicating that for AFMM as the value of ε  increases, the background signal 
can be further reduced.  
 
Figure 4.2.8. The background as a function of defocus distance for CM, 




Fig. 4.2.9 illustrates the signal level η , normalized to unity by the 
signal detected by CM with infinitely large detector, as a function of 
normalized detector radius dv  of AFMM with  
 
Figure 4.2.9. Signal level from a thin fluorescent sheet η  of AFMM with 
equal area 2 / 2ε =  and with 0.9ε =  as a function of normalized detector 
radius dv . 
equal area and with 0.9ε = , respectively. Comparing with AFMM with 
0.9ε = , AFMM with equal area has a much larger signal level due to the area 
match of the annular lens and the circular lens. Therefore, when considering 
the signal level performance, AFMM with equal area acts better than AFMM 
with 0.9ε = . For AFMM with equal area, it can be seen that as the detector 
size increases, the signal level first increases then decreases, leading to a 
maximum at dv  around 3.8. The probable reason for this phenomenon is that 
as the detector size increases, the negative value of the IPSF of AFMM 
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becomes large enough to affect the image formation. Thus in practice, to 
obtain high transverse resolution with AFMM with equal area, the normalized 
detector pinhole radius should not exceed 3.8 (1 Airy unit). Besides, if the 
pinhole radius size is smaller than 3.8, the axial resolution degradation can be 
negligible according to numerical experiments.  
 
4.2.5 Discussion 
In this section, we have proposed a method, named focal modulation 
microscopy with annular aperture (AFMM), to effectively reject background 
signal, meanwhile maintain the central symmetry of the transverse resolution. 
Numerical study shows that compared with confocal microscopy, AFMM can 
simultaneously improve the transverse resolution and the strength of optical 
sectioning. Besides, by adjusting the width of the annular objective aperture, 
AFMM can shift from the highest signal level (when 2 / 2ε = ) to the best 
spatial resolution (when ε  close to 1). The background rejection capability is 
also much improved, thus better penetration depth can be obtained.  
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Chapter 5 Conclusions and suggestions for further 
work       
 
This study has explored tissue optics modeling in biological tissue and 
cells. The general functions of random non-spherical rough-surfaced particles 
with axially-symmetric properties were introduced. It was found that with a 
series of generation functions restricted by the “display window”, the medium 
can be characterized by a cluster of random non-spherical particles. An 
important feature of this generation function is that generally all kinds of 
shapes can be described completely with five parameters. This method can 
thus greatly reduce the complexity of the calculation and facilitate the process 
of tissue optics modeling in biological science.  
This study also investigated the phase function, which describes the 
angular distribution of scattered intensity. It was found that the phase 
functions are insensitive to the dimension-to-length ratios D/L in most of the 
scattering regions for different kinds of rough cylinder. This agrees with 
claims that the phase function of a representative shape mixture of 
non-spherical particles is fairly insensitive to the elementary shapes used to 
form the mixture [53]. These findings are of crucial importance in terms of 
characterization of cylindrical particles in tissue optics modeling, since an 
average parameter can be used instead of considering various D/Ls for every 
cylindrical particle.  
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A random non-spherical model combined with the T-matrix method 
was proposed in this study, to model the tissue optics properties in biological 
science. The strong agreement between theoretical predictions with the 
non-spherical model and experimental data confirms our hypothesis that the 
particle’s shape is the key contributor to tissue optics modeling. The 
simulation results exhibit slight differences with the experimental results in the 
forward scattering region and back scattering region. This may be attributed to 
the existence of multiple scattering. The phase function for surface-equivalent 
spheres showed larger discrepancy with experiments, especially in the 
side-scattering and backscattering regions. This suggests that the scattering 
properties of non-spherical particles can be significantly different from those 
of equivalent spheres. Therefore, the random non-spherical model has the 
power to simulate biological tissue better than the spherical model. This 
random non-spherical model can thus contribute to the accurate and efficient 
optical property description for biological science and medical diagnosis.  
It is acknowledged that this study did only a preliminary analysis on 
modeling tissue optics properties with random non-spherical generation 
functions and the T-matrix method. The experimental data are limited to 
mouse skeletal tissue, mitochondria and rat embryo fibroblast cells. To 
extrapolate our conclusions to other kinds of tissue, additional laboratory 
experiments on particular tissue and cells and additional calculations are 
needed to examine the validity of this random non-spherical model. It is also 
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recommended that an extension to various biological tissue and cells with 
different refractive indexes be investigated, since the current computational 
results pertained to a specific refractive index of typical biological tissue.  
It should be pointed out that this random non-spherical model used 
only a single scattering analysis based on the random non-spherical model. 
Therefore, for thick tissue where multiple scattering dominates, further work is 
needed to correlate the simulation to multiple scattering processes, which can 
be simplified with diffusion theory.  
This study also analyzed, based on diffraction theory, the angular 
gating technique for increasing penetration depth in confocal microscopy of 
tissue. We investigated confocal systems with D-shaped illumination and 
detection apertures, a geometry that has been used by several groups, but 
which, until now, has not been investigated fully using diffraction theory. The 
three-dimensional coherent transfer function and three-dimensional optical 
transfer function were described for coherent (reflectance) and incoherent 
(fluorescence) confocal microscopy, respectively. The axial resolution and 
transverse resolution were also investigated. It was found that compared with 
conventional confocal microscopy, both the axial resolution and transverse 
resolution are degraded for a point detector. This was expected from the 
reduced size of the pupils. However, we found that the axial resolution can be 
improved when combined with a finite-size detector, and an optimum 
normalized width between the two pupils, d, can be derived for a given 
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finite-sized detector. This is of practical significance: for a given value of the 
detector radius, an improvement in the axial resolution can be obtained by 
altering the distance parameter to an optimum value of 0d . To suppress the 
out-of-focus central bright spot occurring in the confocal system, serrated 
divided apertures were proposed as a substitute for the D-shaped apertures. 
Diffraction analysis shows that the serrated apertures maintain the optical 
sectioning strength while attenuating the background coming from far from 
the focal plane. In addition, the signal to background ratio is also improved.   
Focal modulation microscopy (FMM) is another technique to 
effectively reject multiply scattered photons in confocal fluorescence 
microscopy. The first diffraction analysis of the imaging properties of FMM 
was performed. The three dimensional (3D) intensity image of a point object 
was investigated. The illuminating pattern was observed to move relative to 
the focal point, which can be regarded as a soft scanning around the focal 
point as a function of time. This is different from conventional confocal 
microscopy, where the illumination pattern is fixed. This scanning ability can 
be attributed to the relative phase shift between the two beams with different 
modulated frequencies. This soft scanning property which is not restricted by 
the speed of the scanning instrument has the potential to overcome 
instrumental speed limitations and allow a super-fast scanning. Moreover, the 
conventional scanning instruments always suffer from inertia problems, while 
this soft scanning technique facilitates the provision of an inertia-free 
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continuous scanning scheme, which would improve the accuracy and 
efficiency of the scanning process greatly.  
The 3D image intensity of a point object in FMM with a point detector 
was also theoretically investigated, for different recorded signals: the 
modulation signal, the in phase-signal, and confocal signal. It was found that 
the contour in the  vx = 0  plane behaves exactly the same for all three signals. 
This is understandable, because in the y direction of the incident pupil space 
there is no phase change in FMM. The simulation results also indicate that the 
image for the modulated signal in FMM is narrower in the transverse direction 
(x direction) than for the confocal microscope with D-shaped pupils, but 
broader than that for the confocal microscope with circular pupils. The 
in-phase signal, IPFMM, converged to a narrower transverse region than those 
for either confocal microscopy or the modulation signal in FMM. The half 
width at half maximum (HWHM) of the IPSF for IPFMM is more than four 
times narrower, compared with the confocal microscopy claimed by Sheppard 
[110]. This phenomenon suggests that using the in-phase signal of FMM, an 
improved spatial resolution can be obtained. This improvement is obtained 
only in one direction, but could be applied in two directions using two 
modulation frequencies, with image processing in Fourier space. The IPSF for 
IPFMM exhibited values that were slightly negative, and these negative values 
increased for larger pinhole sizes. However, when dv  was less than 2, the 
IPSF was similar to the point detector case. The resolution improvement of 
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IPFMM corresponds well with the technique of two-pupil synthesis [106], 
which is a general method for generating an optical transfer function to 
increase the relative strength of higher spatial frequencies. This high 
resolution performance should enable us to visualize a wide range of 
biological processes, such as molecular expression, cell trafficking, and 
cell-cell and cell-microenvironment interactions, in natural environment in 
vivo, providing information that cannot be obtained in vitro or ex vivo. 
Although the improvement occurs only from an improved response at higher 
spatial frequencies, rather than an increased spatial frequency bandwidth, we 
proposed the combination with saturated excitation, to attain true 
superresolution. 
Various detector sizes were also investigated for the FMM system to 
examine the relationship between the imaging performance and detector size. 
The intensity point spread function was found to be degraded only slightly as 
the detector size was increased. This indicates that the increasing of detector 
size does not deterioate the imaging performance significantly, and that the 
spatial resolution can be maintained with a relatively large scale of detector 
size. The important feature of this property is that it allows us to enhance the 
detection intensity while retaining the spatial resolution with a relatively large 
detector size, since the larger detector enables a stronger detected signal. For 
very deep imaging in scattering tissue, this advantage becomes more apparent 
since significant background is generated at the out-of-focus planes.   
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The background rejection capability, for a weakly scattering medium, 
was quantified using the concept of the integrated intensity. The integrated 
intensity of IPFMM was observed to have a narrower main lobe in the region 
near the focal plane than that for confocal microscopy. The simulation results 
suggest that the background of IPFMM decays most quickly with distance 
from the focal plane, among all the microscopy technologies discussed. This 
property is of importance since it should help to reduce the cross-talk between 
in-focus image and out-of-focus images, thus contributing to high spatial 
resolution and increased imaging penetration depth. 
Use of annular, rather than D-shaped, pupils was also investigated. 
This geometry can give improved axial resolution, or improved transverse 
resolution with a finite-sized pinhole, according to the relative dimensions. 
There are many other possibilities for the shapes of the pupils that could be 
explored. 
The superior imaging penetration of FMM can be explained in terms of 
scattering in the following way. In confocal microscopy, some ballistic 
photons scattered from the vicinity of the focal plane can still be collected by 
the detector through the pinhole. However, In the FMM case, only the ballistic 
photons in the focal region can be detected due to their well-defined phase and 
polarization. Thus the spatial filtering effect using only a pinhole in confocal 
microscopy is not as effective as in FMM, where the spatial filtering effect is 
enhanced by the phase modulator. Moreover, detection of the in-phase signal 
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in FMM, instead of the modulation signal, gives better spatial resolution and 
deeper penetration depth, making it promising for in vivo imaging. In practice, 
the use of lock-in amplifier can further enhance the noise rejection by reducing 
noise components that do not coincide with the modulation frequency.  
It is acknowledged that this study did only a preliminary analysis on 
imaging performance for focal modulation microscopy. It is assumed that a 
single scattering process dominates in the target tissue, and the extinction 
process is neglected. These assumptions require that all the ballistic light 
travels approximately the same optical path-length through the tissue to attain 
the depth z. However, ballistic light is not subject to Beer's Law and does not 
decay exponentially with increasing z. Besides, the more deeply an excitation 
beam is focused into a turbid medium, fewer ballistic photons arrive at the 
focal point, where multi-scattering light dominates the detected intensity. 
Further research is therefore needed to correlate the scattering decay and 
absorption to the imaging quality with focal modulation microscopy, and to 
take into account the multiple scattering, which will greatly affect the results 
in a thick biological tissue. To achieve this, diffusion approximation could be 
employed to reduce the calculation complexity (but the diffusion 
approximation is often not valid in the microscope imaging regime), and the 
Monte Carlo method can be used to simulate the multiple scattering processes 
with a large number of photons.  
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It should also be pointed out that our analysis of focal modulation 
microscopy is under the paraxial approximation. This approximation is largely 
true when the numerical aperture is less than 0.7. However, it loses its validity 
as the numerical aperture increases above 1. Therefore, for a system with large 
numerical aperture, vector diffraction theory should be considered. It is also 
recommended that the imaging performance of focal modulation microscopy 
with various polarization conditions should be established and described, 
which could be greatly different from the unpolarized case.  
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